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Abstract
The interaction at the surfaces of load bearing implant biomaterials with tissues and
physiological fluids is an area of crucial importance to all kinds of medical technologies. To
achieve the best clinical outcome and restore the function of the diseased tissue, several surface
engineering strategies have been discussed by scientific community throughout the world. In the
current work, we are focusing on one such technique based on laser surface engineering to
achieve the appropriate surface morphology and surface chemistry. Here by using a pulsed and
continuous wave laser direct melting techniques we synthesize three dimensional textured
surfaces of calcium phosphate (Ca-P) based surface chemistry on Ti-6Al-4V. The influence of
each processing type on the micro texture and phase evolution and thereby its associated effect
on wettability, in vitro bioactivity, and in vitro biocompatibility are systematically discussed.
For samples processed using the pulsed laser, it was realized that with increasing laser
scan speed and laser pulse frequency there was a transition from surface textures with sharp
circular grooves to surface textures with radial grooves and thereby improved hydrophilicity. For
CW laser processing the results demonstrated improved hydrophilicity for the samples processed
at 100 µm line spacing as compared to the samples processed at 200 µm line spacing.
Owing to the importance of Si for cartilage and hard tissue repair, a preliminary effort for
synthesizing Ca-P-SiO2 composite coating on Ti-6Al-4V surface were also conducted. As a
future potential technique we also explored the Laser Interference Patterning (LIP) technique to
achieve the textured surfaces and developed understanding on their wetting behavior.
In the current work, by adjusting the laser processing parameters we were able to
synthesize textured coatings with biocompatible phases. The in vitro bioactivity and in vitro
v

biocompatibility of the coatings were proved by the precipitation of an apatite like phase
following immersion in simulated body fluid (SBF), and increased proliferation and spreading of
the MC3T3-E1 like cells. The results and understanding of the current research is encouraging in
terms of looking at other bio-ceramic precursor compositions and laser process parameter
window for synthesizing better textured biocompatible coatings.
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Extended Abstract
The interaction at the surfaces of load bearing implant biomaterials with tissues and
physiological fluids is an area of crucial importance to all kinds of medical technologies. To
achieve the best clinical outcome and restore the function of the diseased tissue, several
engineering strategies for these implant biomaterials have been discussed by scientific
community throughout the world. Among these strategies, surface modification or surface
engineering techniques for load bearing implant materials have been the subject of aggressive
marketing and research. Most of these techniques are aimed to achieve the appropriate surface
morphology and surface chemistry and thereby provide favorable biomechanical and
biochemical functionalities at the interface.
In the current work, we are focusing on one such technique based on laser surface
engineering to achieve the appropriate surface morphology and surface chemistry. Here by using
a laser direct melting technique we synthesize three dimensional textured surfaces of calcium
phosphate (Ca-P) based surface chemistry on Ti-6Al-4V. To achieve the above goal two
different laser processing techniques i.e. pulsed laser direct melting and continuous wave (CW)
laser direct melting were used to synthesize the textured Ca-P coatings. The influence of each
processing type on the micro texture and phase evolution are studied. Finally, the effects of
surface textures and phase evolution on wettability, in vitro bioactivity, and in vitro
biocompatibility are systematically discussed. For samples processed using the pulsed laser, two
different laser processing parameters i.e. the laser scan speed and laser pulse frequency were
varied to achieve the textured morphology. Within the set of parameters employed in the current
research work, it was realized that with increasing laser scan speed and laser pulse frequency
vii

there was a transition from surface textures with sharp circular grooves to surface textures with
radial grooves and thereby improved hydrophilicity. For samples processed using the CW laser
two different surface textures were achieved by varying the line spacings (100 µm and 200 µm)
between two consecutive laser tracks. The results demonstrated improved hydrophilicity for the
samples processed at 100 µm line spacing as compared to the samples processed at 200 µm line
spacing.
Following our established understanding of synthesis of textured Ca-P coatings using a
pulsed laser, preliminary efforts for synthesizing Ca-P-SiO2 composite coating on Ti-6Al-4V
surface were also conducted. The effects of SiO2 doping on wetting behavior, in vitro bioactivity,
and in vitro biocompatibility were studied. As a future potential technique we also explored the
Laser Interference Patterning (LIP) technique to achieve the textured surfaces and developed
understanding on their wetting behavior.
In the current work, via laser based surface engineering approach, we therefore
demonstrated the potential to synthesize textured biocompatible coatings with improved
wettability. The laser process parameters were controlled to synthesize beneficial biocompatible
phases such as CaTiO3, TiO2, α-TCP and Ca5(OH)(PO4)3 within the coatings. The in vitro
bioactivity and in vitro biocompatibility of the coatings were proved by the precipitation of an
apatite like phase following immersion in simulated body fluid (SBF), and increased
proliferation and spreading of the MC3T3-E1 like cells respectively. The results and
understanding of the current research is encouraging in terms of looking at other bio-ceramic
precursor compositions and laser process parameter window for synthesizing better textured
biocompatible coatings. Further, the laser process parameters can also be controlled to achieve 3viii

dimensional topographic cues mimicking the actual length scale of the bone cells and thereby
provide tailored coatings for improved wettability, bioactivity and biocompatibility.
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spacing following immersion in SBF [72].

Figure 5.9
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XRD spectra of the samples processed at 191 J/cm2, 200 µm line
spacing following immersion in SBF [72].
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Figure 5.10

SEM images of the sample processed at 137 J/cm2, 100 µm line
spacing following immersion in SBF for (a) 1 day, (b) 3 days,(c)
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5 days, and (d) 7 days [72].
Figure 5.11

FTIR spectra of laser processed samples (a) 215W, 0.1 mm, (b)
300W, 0.1 mm, (c) 215W, 0.2 mm, and (d) 300W, 0.2 mm
following immersion in SBF for different time periods.

Figure 5.12
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XPS spectra of laser processed samples (a) 215W, 0.1 mm, (b)
300W, 0.1 mm, (c) 215W, 0.2 mm, and (d) 300W, 0.2 mm
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following immersion in SBF for different time periods.
Figure 5.13

Cell morphology of MC3T3-E1 osteoblast-like cells

after

culture for 1 day on (a) control (untreated Ti-6Al-4V), and
samples processed at (b) 137 J/cm2 , 100 µm line spacing, (c)
191 J/cm2, 100 µm line spacing, (d) 137 J/cm2, 200 µm line
spacing, and (e) 191 J/cm2, 200 µm line spacing [72].
Figure 5.14
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Fluorescent micrographs for cytoskeleton assessment of adherent
MC3T3-E1 osteoblast-like cells after culture for 1 day on (a)
control (untreated Ti-6Al-4V substrate) and samples processed at
(b) 137 J/cm2, 100 µm line spacing, (c) 191 J/cm2, 100 µm line
spacing, (d) 137 J/cm2, 200 µm line spacing, and (e) 191 J/cm2,
200 µm line spacing [72].

Figure 5.15
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Graphical representation of the cell spreading area as a function
of sample processing conditions.
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processed group is significantly higher than the control Ti-6Al4V (p < 0.05). Cell spreading area measurements were taken
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from 30 different cells [72].
Figure 5.16

WST-1 assay of the MC3T3-E1 osteoblast-like cells following
culture for 1, 3, and 5 days as a function of samples processing
conditions.

denotes that the laser processed group is

significantly higher than the control Ti-6Al-4V (p < 0.05) [72].
Figure 6.1

XRD patterns of Ti-6Al-4V, 25 wt. % SiO2-HA and 100 wt. %
HA coated sample [119].

Figure 6.2
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SEM morphological analysis and corresponding EDS results on
(a) 100 wt.% HA sample, and (b) 25 wt.% SiO 2-HA sample after
7 days immersion in SBF [120].

Figure 6.3
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Live/dead staining of MC3T3-E1 cells after 4 h of incubation on
(a) Ti-6Al-4V, (b) 25 wt. % SiO2-HA coating, (c) 100 wt. % HA
coating; and (d) number of cells attached to Ti control, 25 wt. %
SiO2-HA coating, and 100 wt. % HA coating within observation
areas after 4 h seeding; results are expressed as percentage of
cells attached on Ti control (n=3). * denotes that the cell number
on untreated Ti-6Al-4V is significantly lower than laser cladded
Ti (p < 0.05), scale bars correspond to 100 μm [119].

Figure 6.4

SEM images for cell morphology after 1 and 7 days of
proliferation on Ti-6Al-4V (a and b), 25 wt. % SiO2-HA coating
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(c and d), and 100 wt. % HA coating (e and f). Scale bars in (a),
(c), and (e) are 10 μm; and in (b), (d), and (f) in large images and
in insets are 100 μm and 5 μm, respectively [119].
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Groove pattern on Ti-6Al-4V by laser interference technique
(3.82 W laser power). (a) 2-dimensional morphological
evolution, (b) 3-dimensional morphological evolution, and (c)
variation in height and width (across the line scan) of the features
obtained using a one step irradiation [80].
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Pillar pattern on Ti-6Al-4V by laser interference technique (3.82
W laser power). (a) 2-dimensional morphological evolution (b)
3-dimensional morphological evolution, and (c) variation in
height and width at FWHM (across the line scan) of the features
obtained using a two step irradiation [80].
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Light optical images of the distilled water droplet shadow on (a)
flat Ti-6Al-4V, (b) groove patterned Ti-6Al-4V, and (c) pillar
patterned Ti-6Al-4V; and light optical images of the SBF droplet
shadow on (d) flat Ti-6Al-4V, (e) grove patterned Ti-6Al-4V,
and (f) pillar patterned Ti-6Al-4V [80].
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Schematic illustration of liquid invasion in a (a) groove pattern
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(a) variation in roughness factor, Rf and (b) critical wetting angle,
θc with laser fluence for interference patterned samples [80].
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Chapter 1

Materials and Clinical Concerns of Load Bearing
Orthopedic Implant Biomaterials
1.1 Introduction
Biomaterials are synthetic or natural materials intended to function appropriately in a bio
environment. In particular, they are expected to integrate with the surrounding tissue to restore
adequate function, without releasing harmful chemical products or significantly modifying the
local electrical and mechanical environment [1]. In light of this, some potential biomaterials that
are being developed over the past few decades and are currently being used to restore function
inside a human body include (1) orthopedic implant materials, (2) cardiovascular systems, (3)
ophthalmics, (4) dental implants, (5) wound healing materials, and (6) drug delivery systems.
Among these various potential biomaterials, load bearing orthopedic implant materials, to heal
skeletal defects caused due to trauma, old age, and injury are in great demand. With increasing
ageing population, war, and sports related injuries the demand for these materials has further
gone up in a scalable manner during the recent times. Hence, a detailed study of their
applications, as implants and devices for use inside a human body, to restore the function of a
damaged organ or tissue is quite essential.

1.2 Load bearing orthopedic implants and devices
Orthopedic implants and devices are mostly used for fracture fixation and replacement of load
bearing joints, which are subjected to high level of mechanical stresses, wear, and fatigue in the
course of normal activity [2, 3]. The implants used for joint fixation include prosthesis for hip
1

(Figure 1.1(a)) [4], knee (Figure 1.1(b)) [5], ankle, shoulder (Figure 1.1(c)), [6] and elbow joints
(Figure 1.1(d)) [4]. The fracture fixation devices include spinal fixation devices, wires, pins,
screws, and fracture plates. Their market share can very well exemplify the overwhelming
success of these orthopedic biomaterials nationally and internationally (Figure 1.2) [7]. It can be
observed that among all kinds of biomaterials, orthopedic biomaterials dominated the world
market in the year 2009 with a market capture of 38 % (Figure 1.2 (a)) [7]. Further among all the
counties, USA alone is responsible for 50 % of the world orthopedic biomaterials market (Figure
1.2 (b)) [7]. Also, within USA in the year 2009, statistical data showed that hip and knee
implants (Figure 1.2 (c)) accounted to be the major consumer products among the orthopedic
biomaterials. Because of the clinical success of total joint replacement procedures for knees and
hips, demand for total joint replacement of other joints, such as the shoulder and elbow is also
likely to grow in the coming years. Additionally, because of the stiff competition between
manufacturers and requisite attention to marketing, there also has been a significant thrust in
developing new materials systems for the fabrication of these implants and devices.

1.3 Materials for load bearing implants and devices
The different classes of materials used for the fabrication of load bearing orthopedic implants
and devices can be broadly classified as (1) metallic materials, (2) polymers (3) ceramics and (4)
composites.

1.3.1 Metallic materials
As the principal function of the long bones at the lower part of the body is to act as load- bearing
members, it was hence reasonable that the initial materials introduced to replace damaged hip
and knee were made up of metallic materials [3]. Apart from being used as hip and knee prosthe2

Figure 1.1 Orthopedic Implant devices used for load bearing applications: (a) Hip Implant.
(Reprinted from [4] with permission from source: www.zimmer.com), (b) Knee Implant (Reprinted
from [5] with permission from source: http://thehipkneesurgeon.com/jointKnee.php) (c) Shoulder
Implant (Reprinted from [6] with permission from source:
http://www.djosurgical.com/products/shoulder/rsp/index.htm) (d) Elbow implant (Reprinted from
[4] with permission from source: www.zimmer.com).
3

sis, they are also used for manufacturing fracture fixation wires, pins, screws, and plates. The
most commonly used metals and alloys for these applications include stainless steel, cobaltbased alloys, and commercially pure titanium and its alloys [3].
(a)

(b)

(c)

Figure 1.2 Biomaterials market statistics (a) world biomaterials market statistics (b) orthopedic
biomaterials market share of different countries (c) USA biomaterials market statistics [7].
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1.3.1.1 Stainless steels
Stainless steels are iron-base alloys with a minimum of 10.5 % Cr as an alloying element, needed
to prevent the formation of rust. Stainless steel was first used as an orthopedic implant material
in the year 1926. However, it was not until 1943, when ASTM 304 was recommended as a
standard implant alloy material [3]. Although there are several types of stainless steels in use for
medical applications, 316L (18 wt% Cr-14 wt% Ni-2.5 wt% Mo) single phase austenitic (FCC)
stainless steel is the most popular one for load bearing implant applications [3, 8-16]. The “L” in
the designation denotes its low carbon content and as a result it has high corrosion resistance
under in vivo conditions. Shih and coworkers studied the effect of surface treatment on the in
vitro corrosion resistance and in vivo biocompatibility of 316L stainless steel [9, 17]. They
demonstrated that passivation with an amorphous oxide layer has excellent corrosion resistance
and low degree of thrombosis (Figure 1.3) than the as received sample.

1.3.1.2 Cobalt alloys
Co-Cr-based alloys are the most commonly used representative Co alloys for orthopedic
applications as (a) fracture fixation plates and screws and (b) hip and knee prosthesis [8]. The
presence of Cr imparts the corrosion resistance and the addition of small amounts of other
elements` such as iron, molybdenum, or tungsten can give very good high temperature properties
and abrasion resistance [8]. The most commonly used Co-Cr alloys for orthopedic implant
applications are Co-Cr-Mo (ASTM F75), Co-Cr-W-Ni (ASTM F90) and Co-Ni-Cr-Mo-Ti
(ASTM F562) [2, 3]. Casting of these alloys for implant fabrication is not preferred as they result
in large dendritic grains during solidification with casting defects such as such as inclusions and
micro pores (Figure 1.4) [18]. Therefore, powder metallurgical techniques such as hot isostatic
5

Figure 1.3 SEM micrograph of 316L stainless steel wire surface with two different surface
chemistries under both in vivo and in vitro conditions (a) 316L wire surface coated with an
amorphous oxide layer (AO), and (b) as received 316L stainless steel wire surface (AS). The
inset in the upper left hand side in figure (a) reveals a clean and free of pitting damage after
anodic polarization test for the (AO) sample, whereas the inset in upper left hand side figure (b)
reveals severe pitting degradation for the (AS) sample. Further the inset at the bottom in figure
(a) reveals absence of proteins, fibrins and a clean surface for the coils passivated with
amorphous oxide film, and the inset in bottom of figure (b) clumps of platelets, red cells, and
fibrin under in vivo conditions. (Reprinted from [9] and [17] with permission from Elsevier.)
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pressing (HIP) followed by forging [19] have been used for fabrication of implants using these
materials. This results in improved mechanical properties and corrosion resistance pertaining to
the finer grain size (Figure 1.5) [20] and reduction in segregation of the alloying elements
obtained by this technique.

1.3.1.3 Titanium and titanium alloys
Titanium as a pure metal was implanted for the first time into laboratory animals in 1940 by
Bothe, Beaton, and Davenport [2, 3, 8]. From their studies, the authors concluded titanium as a
better biocompatible material as compared to stainless steel and Co-Cr based alloys under in vivo
conditions. The two most commercially used specifications for orthopedic implant applications
are Pure Ti (ASTM F67) and Ti-6Al-4V (ASTM F136) [3]. These alloys have driven a lot of
interest for load bearing implants due to its superior mechanical properties (tensile strength and
fatigue strength), chemical stability (corrosion resistance), and biocompatibility under in vivo
conditions [2, 3]. Commercially pure Ti is selected for applications where corrosion resistance is
of prime importance than its mechanical properties. Ti-6Al-4V (ASTM F136) is an alpha-beta
alloy, the microstructure (Figure 1.6) [21-23], mechanical behavior, and chemical stability of
which depend upon the type of heat treatment and mechanical working. In the recent past,
however, there has been a great concern on the dissolution of aluminum and vanadium ions into
the body fluid and the possibility of any toxic effects, as a result of the passivation layer break
down during wear in Ti-6Al-4V [24]. Consequently, other titanium alloys such as Ti-6Al-7Nb
and Ti-13Nb-13Zr are under study in terms of their corrosion rate, mechanical properties, and
biocompatibility as compared to Ti-6Al-4V [25-27]. Table 1.1 [2, 3] lists the mechanical
properties and the clinical applications of these compositions.
7

Figure 1.4 As cast Co-Cr-Mo alloys revealing (a) carbide separation in interdendrites and (b)
abnormally long bands of interdendritic carbides near grain boundary. (Reprinted from [18] with
permissions from Springer.)

Figure 1.5 Microstructure of a hot isostatic pressed (HIP) Co-Cr-Mo alloy. (Reprinted from [20]
with permission from Elsevier.)
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Figure 1.6 Microstructure of Ti-6Al-4V (a) under as received and annealed condition and (b)
after cold working by equal channel angular pressing (ECA) technique. (Reprinted from [21]
and [22] with permission from Elsevier.)

Table 1.1 Mechanical properties and clinical applications of Ti-based metallic materials [2, 3].
Alloy
designation

Elastic
modulus
(GPa)

Ultimate
tensile
strength
(MPa)
240-550

Elongation (%) Clinical applications

102-110

0.2 %
offset yield
strength
(MPa)
170-480

Pure Ti

Ti-6Al-4V

110

860

930

10-15

Ti-6Al-7Nb

105

795

860

10

Ti-13Nb-13Zr

79-84

836-908

973-1037

10-16

15-24
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dental implants,
maxillofacial and
craniofacial implants,
screws and staples for spinal
surgery
total joint replacement
arthroplasty primarily for
hips and knees
femoral hip stems, fracture
fixation plates, spinal
components, fasteners,
nails, rods, screws and wire.
orthopedic implants

1.3.2 Polymers
Polymers are long chain molecules consisting of large number of small repeating units known as
monomers. They belong to the family of macromolecules and represent the largest class of
biomaterials [3]. They are mostly used in orthopedics as articulating bearing surfaces of joint
replacements [3]. Owing to their low coefficient of friction and low wear rates they are the
preferred choice of materials for use in articulating contact with the opposing surface, which is
generally a metal or ceramic [2, 3]. Among the various types of polymers available, ultrahigh
molecular-weight polyethylene (UHMWPE) due to its high creep resistance, corrosion
resistance, wear resistance, and in vivo compatibility is most commonly used as an inside lining
or articulating material for femoral and acetabular cup. Figure 1.7 [28-31] shows the use of
UHMWPE as a bearing material under acetabular metal shell and femoral head for hip joint and
knee joint prostheses respectively.

1.3.3 Ceramics
Ceramics are inorganic compounds of metallic or nonmetallic materials, with interatomic
bonding as ionic or covalent and are generally formed at elevated temperatures. A class of such
materials used for skeletal or hard tissue repair is commonly referred to as bioceramics. These
bioceramics may be bioinert (alumina, zirconia), bioresorbable (tricalcium phosphate), bioactive
(hydroxyapatite (HA), bioactive glasses, and glass ceramics), or porous for tissue in growth
(hydroxyapatite coating, and bioglass coating on metallic materials) [2, 3]. Their success
depends on their ability to induce bone regeneration and bone in growth at the tissue implant
interface without the intermediate fibrous tissue layer. The featured clinical applications include

10

Figure 1.7 Figure illustrating the use of UHMWPE as a bearing metal for (a) hip joint
(Reprinted from [28] and [29] with permission from sources: www.devicelink.com and
http://www.genesis-tech.ch/company/ respectively), and (b) knee joint prosthesis (Reprinted from
[30] and [31] with permission from sources: http://tc.engr.wisc.edu/UER/uer01/author1/content.html
and http://www.jri-ltd.co.uk/total_knee_replacement.asp respectively.
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their use in orthopedics as (a) bone plates and screws, (b) total and partial hip components, (c)
coatings on metal prosthesis for controlled implant or tissue interfacial response, (d) space
fillings of diseased bone, and (e) vertebra prostheses, vertebra spacers, iliac crest prostheses, etc.
Among the various types of bioceramics, bioactive ceramics such as HA (Ca 10(PO4)6(OH)2), and
bioglass ( CaO-SiO2-P2O5-Na2O) are materials of major interest for load bearing implant
applications.
As, HA based bioceramics mimic the naturally occurring bone mineral in terms of their
chemical composition and crystallographic structure it allows for direct bone bonding by
attachment, proliferation, and differentiation of bone forming cells. Therefore, there has been a
tremendous interest in using synthetically derived HA for regenerating bone at the defect sites.
HA can be synthesized from biological skeletal carbonate by hydrothermal exchange as per the
following reaction [8]:
10CaCO3  6( NH 4 ) 2  2H 2 O  Ca10 ( PO4 ) 6 (OH ) 2  6( NH 4 ) 2 CO3  4H 2CO3 ……C1.1

It also gets mineralized in situ on implants made of tricalcium phosphate and tetra calcium
phosphate, due to interactions with the serum as per the following reactions [8]:
H 2 O  4Ca3 ( PO4 ) 2  Ca10  ( PO4 ) 6 (OH ) 2  2Ca   2HPO 4 ……………………C1.2
3H 2 O  3Ca4 P2 O9  Ca10 ( PO4 ) 6 (OH ) 2  2Ca   4OH  …………………………..C1.3

It is, however, realized that scaffolds fabricated using calcium phosphate salts (Table 1.2) [32],
with 1  Ca / P  2 are not encapsulated by a fibrous tissue and allows for bone in growth to the
implant surface [8].
Several authors have studied the bioactivity and biocompatibility of such salts [33-36].
Detsch et. al [33] studied the response of osteoclast-like cells derived from human leukoma
monocytic lineage on sintered tricalcium phosphate (TCP) and hydroxyapatite (HA). Their
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studies showed that the osteoclast-like U-937 cells responded in a different manner to HA and
TCP (Figure 1.8) [33]. Sintered HA plates favored giant cell formation with pronounced actin
rings (Figure 1.8 (a), (b)) and therefore larger lacunas as compared to TCP (Figure 1.8 (c), (d)).
The authors, therefore, proposed that calcium phosphate based ceramics as a bone substitute
material must be chosen either for their fast degradation (TCP) or for the slow remodeling of the
biomaterial (HA). The choice of ceramic depends on the location and size of the bone defect and
the patient’s personal characteristics.

Table 1.2 Chemical name, mineral name and composition of various Ca-P based ceramics [32].
Ca/P

Formula

Name/mineral

Abbreviation

1.0

CaHPO4.2H2O

DCP

1.0

CaHPO4

1.33

Ca8H2(PO4)6.5H2O

1.5

Ca3(PO4)2

1.67

Ca10(PO4)6F2

Hydrated
calcium
phosphate/brushite
Anhydrous calcium
phosphate/Monetite
Octacalcium
phosphate
Tricalcium
phosphate/Whitlockite
Flourapatite

1.67

Ca10(PO4)6(OH)2

Hydroxyapatite

HA

2.0

CaO.Ca3(PO4)2

Tetracalcium
phosphate/
Hilgenstockite

TTCP
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ADCP
OCP
TCP
FA

Figure 1.8 Fluorescence microscopy images of U-937 cells cultured on (a, b) TCP, and (c, d)
HA, with VD3 and PDBu for 21 days. (Reprinted from [33] with permission from Elsevier.)
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1.3.4 Composites
A composite consists of two or more materials each with distinct physical or chemical properties
and is designed to have a combination of best characteristic of each component materials.
Biomedical composites are often designed to provide superior mechanical and biological
compatibility. Some promising orthopedic applications of biomedical composites include their
use in total joint replacements, spine rods, discs, plates, screws, and ligaments. They can be
classified based on the matrix material or on the bioactivity of the composites. Considering
matrix material as the basis for classification, there are three different types of biomedical
composites [37]:


Polymer matrix composites, e.g., carbon/PEEK (polyetheretherketone), HA/ HDPE.



Metal matrix composites, e.g., HA/Ti, HA/Ti-6Al-4V.



Ceramic matrix composites, e.g., stainless steel/HA, glass/HA.

Considering bioactivity of the composite as the basis for classification, there are three different
types of biomedical composites [37]:


Bioinert composites, e.g., carbon/carbon, carbon/ PEEK.



Bioactive composites, e.g., stainless steel/Bioglass, HA/HDPE, HA/Ti-6Al-4V.



Bioresorbable composites, e.g., tricalcium phosphate (TCP)/ poly lactic acid (PLA), TCP/
polyhydroxybutyrate (PHB).

1.4 Clinical concerns with orthopedic implant biomaterials
Despite their overwhelming success for long term performance, orthopedic biomaterials still
have been associated with adverse local and remote tissue responses and bulk failure due to
normal activity of patient. Hence, there has been a significant clinical concern in terms of
improving the properties of these materials for their longevity and thereby restore the quality of
life. The bulk failures of the load bearing orthopedic implant material are mostly associated with
its mechanical behavior and chemical stability under in vivo conditions. Whereas failures due to
adverse local and remote tissue responses is mostly due to the surface properties of the material.
15

1.4.1 Mechanical failures
The types of mechanical failures that are mostly common to these kind of medical devices are (a)
failure due to high elastic modulus, (b) failure due to fatigue, and (c) failure due to wear. A
material with high elastic modulus is not ideal for load bearing implants as insufficient load
transfer from an artificial implant to the adjacent remodeling bone results in bone resorption and
eventual loosening of the prosthetic device [38]. Failures caused due to repetitive or fluctuating
stress cycles are called fatigue failures. Owing to the brittle nature of ceramics, fatigue may be a
major area of concern for implants coated with bioactive and biocompatible ceramics as it may
result in wear debris generated due to the fatigue process. This in turn may invoke adverse hosttissue response at the interface. Fatigue failure is also a common phenomenon in medical grade
UHWMPE used as a bearing surface in total joint replacement [39]. Cyclic loading on polymeric
materials such as UHWMPE may lead to softening accompanied by reduction in elastic modulus
and yield stress. Fatigue is also often considered as a prime cause of failure for titanium base
load bearing implant materials. Cyclic loading on Ti based metallic materials may result in
alternating plastic deformation of microscopically small zones of stress concentrations produced
by notches or microstructural inhomogenities [40]. These small zones of stress concentrations
are the regions where the crack initiates, propagates, and finally fractures due to prolonged cyclic
loading. Figure 1.9 [41] shows the fatigue fracture surface morphology with regions representing
crack initiation, propagation, and overload site due to cyclic loading on Ti-6Al-4V.
Wear may be defined as a surface damage or material removal process resulting from two
surfaces in contact and in motion with each other. In general, higher the mutual solid solubility
between two materials in contact, higher is the wear. Hence, wear is generally higher for similar
16

materials in contact than for dissimilar materials. In contrast, for biomaterials used inside a human body wear may be extremely high for dissimilar metallic materials. This is due to the fact that
dissimilar materials in contact in saline or aqueous environment form a galvanic cell and result in
corrosion, which may further exacerbate the wear phenomena. This is a very common experience
in hip implant prostheses where a metal or ceramic femoral head articulates with an UHMWPE
acetabular cup [42-46]. Wear debris generated from such joint replacements enters the periprost-

Figure 1.9 Fatigue fracture surface morphology of Ti-6Al-4V. ((a) overall fracture surface; (b)
crack initiation site taken from area “I”; (c) crack propagation site taken from area “II”; (d)
overload site taken from area “III”). (Reprinted from [41] with permission from Elsevier.)
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hetic tissue and is phagocytosed by macrophages. These macrophages then release proinflammatory cytokines and other mediators of inflammation that stimulates osteoclastic bone
resorption, leading to osteolysis and eventual loosening of the device [46]. Therefore, there has
been a significant interest in developing metal-on-metal and ceramic-on-ceramic bearing
surfaces for hip joint prostheses [47-49].

1.4.2 Failure due to corrosion
Load bearing orthopedic metallic implant materials used inside a human body are generally


2

exposed to a harsh aqueous environment containing various anions ( Cl  , HCO3 , HPO4 ) ,
cations ( Na  , K  , Ca 2 , Mg 2 ) , organic substances, and dissolved oxygen [2, 3]. Hence,
metallic implant materials are prone to aqueous corrosion. The mechanism of corrosion for
metallic implant materials is based on the following fundamental reactions [2, 3]:
M  M n  n(electrons ) …………………Anodic dissolution……………………………...C1.4
O2  2H 2 O  4e  4OH  ………………...Cathodic reduction……………………………...C1.5
M   OH   M (OH ) ……………………Corrosion product……………………………....C1.6

The metallic components of the alloy are initially oxidized to their ionic forms and release a free
electron. The dissolved oxygen in the aqueous environment then react with the water molecule
and free electron to form hydroxyl ions. These hydroxyl anions then react with the metallic
cations to form a corrosion product. The various factors upon which the above reaction process
depends can be listed as follows: (a) geometric variables (e.g., taper crevices in modular
component hip prosthesis), (b) metallurgical variables (e.g., surface microstructure, oxide layer,
and composition), (c) mechanical variables (e.g., stress and/or relative motion), (4) solution
18

variables (e.g., pH, solution proteins, enzymes), and (5) the mechanical loading environment
(e.g., degree of movement and contact forces) [3].

1.4.3 Failures due to surface properties
The three most important surface parameters that dictate the biological response to implant
surfaces are surface morphology, surface wettability, and surface chemical composition. The
above three parameters control the first phase of cell/material interactions i.e. attachment,
adhesion, and spreading of osteoblast cells and thereby influence its capacity to proliferate and
differentiate on contact with the implant. Surface morphological features in the form of surface
roughness or 3-D surface topographic cues act as anchorage points for bone tissue integration by
bone ingrowth. However, if there is no such features it results in zero mechanical stimulation
around the surrounding bone and hence bone loss during the early days of implantation [2].
Further, on smooth non textured surfaces the bone cells grow in a random manner without
contact guidance and hence differentiate less as compared to the cells on a textured surface [2].
This, therefore, results in mineralized tissues which are less dense and substandard in mechanical
properties.
Bone cells very well differentiate alterations in surface chemistry and are sensitive to
the presence of chemical species available on the surface of a material. Depending on the type of
species available and its exposure, the biomolecules may have different affinities for various
surfaces. Further, at a microscopic level, a biomaterial surface may have patches, or domains, of
different functionality and these patches or domains can interact differently with the
biomolecules. For example metallic materials mostly exist in more than one phase. Ti-6Al-4V a
commonly used orthopedic implant material consists of two different phases, i.e. the α- and β19

phase. Not only these different phases but also the grain boundaries may have a different
chemical composition and thereby a different interaction with biomolecules. In polymers,
segregation resulting from folding of macromolecular chains can provide various microstructural
domains. Depending on the chemical species present within these domains, proteins may have
different interaction with each phase. Hence, modulation of surface chemistry of implant
biomaterials to provide better in vivo response is an area of extensive research. The lack of
appropriate surface chemistry affects the recruitment of cell binding proteins and its orientation
under in vivo conditions. This in turn ultimately affects the binding of cells to the implant
material and its further differentiation to form a hard mineralized tissue.
Finally wetting is an important aspect for load bearing orthopedic implant devices, as it
influences the initial interaction with physiological fluids under in vivo conditions. This further
controls the adsorption of proteins followed by attachment of cells to the implant surface. Hence,
surface wettability is considered as an important criterion that can dictate the biocompatibility of
the implant material. The three most important factors that affect the wettability of a surface are
its chemical composition, microstructural topography and surface charge. For all load bearing
implant devices it is ideal for their surface to be hydrophilic to the surrounding body plasma. If
the surface is hydrophobic the serum constituents do not interact with the implant and hence
there will be no protein adsorption resulting in the formation of a fibrous capsule at the interface.

1.5 Prospective for improvement
Orthopedic implant materials currently available, therefore, lack one or more of the above
discussed properties and result in failure under in vivo conditions. If most of these biomaterials
have the required mechanical properties for a defined implantation site, they do not all possess
20

necessary bioactivity and biocompatibility for cell attachment and tissue integration. In order for
new improved load bearing implant materials to address the above issues, there should be some
understanding of the interrelationship between the structure and properties of the natural tissues
that are being replaced. A detailed understanding and appreciation of the form-function
relationship in calcified tissues like bone will help provide insight into factors determining
implant design as well as deciding which are the materials of choice to meet a specific need [3].
Human body essentially consists of several different calcified tissues and each of them
can be categorized in a different way. However, most of these calcified tissues essentially consist
of a principal protein component, collagen, small amounts of organic phases, and a major portion
of inorganic component as hydroxyapatite (HA) [2, 3]. In the present context, we are only
concerned about the hard calcified tissue that is compact bone. A compact cortical bone is
composed of 20 wt-% collagen, 69 wt-% calcium phosphate, 9 wt-% water and the rest as
organic materials such as proteins, polysaccharides and lipids [2, 3]. It is organized in a
hierarchical manner at different length scales ranging from nanoscale to mesoscale [2, 3]. A
schematic representation of such an organization is illustrated in Figure 1.10 [50].
As discussed above it can be realized that a significant portion of the bone is composed of
collagen. Hence, in addition to being anisotropic and inhomogeneous, bone is also viscoelastic
like all other biological tissues [3]. Therefore, mimicking such properties in a long lasting
synthetic biomaterial remains an unrealized goal of orthopedic biomaterials where the history of
implant development has been characterized by the elimination of various available materials
based on their poor performance rather than production of biocompatible synthetic bone-mimetic
materials [3]. Nonetheless, to achieve the best clinical outcome by mimicking properties as close
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Figure1.10 Schematic representation of the hierarchical organization of bone at different length
scales. (Reprinted from [50] with permissions from American Association for the Advancement of
Science (AAAS).)
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as possible to the natural organization, several engineering strategies have been carried out by
scientists and researchers world wide. Among these various strategies, surface modification or
surface engineering techniques for load bearing implant materials has been the subject of
tremendous interest.

1.5.1 Surface science and engineering of load bearing
orthopedic implant biomaterials
Surface modification or surface engineering for biomaterials offers the ability to selectively
modify material and biological responses through changes in surface properties while still
maintaining the bulk properties of the implant material. Surface modification for biomaterials
can be classified according to the way the surface properties being altered, e.g., morphological,
physiochemical, and biological modifications.

1.5.1.1 Morphological modifications
Morphological modification of biomaterial surfaces are aimed at creating three dimensional
features in the form of pores, gratings, columns, dots, pits, and random surface roughness [1, 5155]. These three dimensional features mimic the extra cellular matrix (ECM), a natural cell
environment which possesses complicated nano and macro architecture. This can be achieved by
various techniques such as ion beam etching, chemical etching, plasma etching, electron beam
lithography, photolithography, surface coatings, freeze casting, sintering, UV-irradiation,
mechanical roughening, etc.
Kim and coworkers studied a sand blasted and acid etched titanium surface (Figure 1.11)
[55] for its biocompatibililty and osseointegration. This technique has the advantage of both sand
blasting and acid-etching and thereby creating both macro-roughness and micro pits on the
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surface. Human osteoblast cells grown on the sand blasted and acid etched titanium surface
shows very good adherence and spread over the surface after seven days of incubation (Figure
1.12) [55]. In vivo evaluations of the samples were carried out using a screw shaped sand blasted
and acid etched titanium implants. The implants were placed in New Zealand white rabbits in
each proximal tibial metaphysic after giving them a general anesthesia. After 4 weeks of healing
period the rabbits were sacrificed and histological evaluation demonstrated a very good bone
bonding and bone formation at the interface [55].
Since naturally occurring bone is a porous material, there is also a physiological rationale
for the use of porous scaffolds for its replacement at defect sites. Apart from just mimicking the
natural organization of a bone a porous structure also helps in the supply of blood and oxygen to
the implant interface [2]. Porous Ca-P based composite scaffolds and porous Ca-P coatings are
being widely used for load bearing hip and knee implants [2].

Figure 1.11 SEM image of a sand blasted and acid etched titanium surface. (Reprinted from [55]
with permissions from Institute of Physics Publishing (IOP).)
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Figure 1.12 SEM image of human osteoblast on the SLA surface after seven days of incubation
at different magnification. (A) 100× and (B) 700×. (Reprinted from [55] with permissions from
Institute of Physics Publishing (IOP).)
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1.5.1.2 Physiochemical modifications
Material and biological responses can be altered by changing physiochemical characteristics
such as surface energy, surface charge, and surface composition. This can be achieved by various
techniques such as glow discharge, ion implantation, grafting, and surface coatings.
Glow discharge involves the exposure of surface to a highly energized inert gas such as
plasma [56]. Plasma glow discharge is most commonly used to sterilize the surface of
biomedical devices and surgical instruments used for clinical applications. The energetic species
in the plasma can easily kill a broad range of bacteria by generating oxygen, hydroxyl free
radicals and other active species. This further improves the wettability of the implant material or
its hydrophilicity. It has got several advantages compared to other sterilization techniques and
can be listed as follows [56]:


It is a nontoxic and fast procedure.



Since plasma sterilization is similar to plasma etching it not only kills the bacteria, but
also removes them from the surface.



It is inexpensive and relatively a safe technique.
Ion implantation involves the bombardment of highly energetic ionic species to the

surface of a material. The ions penetrate the surface and thereby bring significant changes in
chemical composition and structure at the near surface region. This further improves the wear
resistance, corrosion resistance, and biocompatibility of implant materials. For example calcium
ions implanted into the surface of titanium can improve its bone conductivity. Penetration and
phase changes at the surface of titanium following varying dosages of Ca ion implantation are
schematically illustrated in Figure 1.13 [57]. Calcium titanate is formed at the surface when Ca
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ions are implanted at the rate of 1016 and 1017 ions/cm2 and both calcium oxide and calcium
titanate are formed when ions are implanted at 1018 ions/cm2. Figure 1.14 [57] shows the
scanning electron micrographs of unimplanted titanium (a) and calcium-ion-implanted titanium
(b) after immersion in a SBF for 30 days. It is observed that the surface of calcium ions
implanted titanium is modified and a layer of calcium phosphate precipitation has taken place
following immersion.

Figure 1.13 Schematic illustration of cross-sections of surface-modified layers of titanium
specimens with and without calcium-ion-implantation. (Reprinted from [57] with permission
from Elsevier.)
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Figure 1.14 Scanning electron micrographs of unimplanted titanium (a) and calcium-ionimplanted titanium (b) immersed in Hank’s solution for 30 days. (Reprinted from [57] with
permission from Elsevier.)
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Grafting involves the attachment of specific functional groups (mostly polymeric chains)
onto the surface of a biomaterial [58-60]. This can be achieved by graft polymerization technique
provided that the surface active sites or free radicals are available to react with a monomer. If
reactive groups are available on the surface, the desired polymer can be attached through free
radical graft polymerization of a monomer or through chemical reaction of a polymer with
functional end groups. If there are no reactive groups available on the surface then plasma, γ-ray,
and UV light induced graft polymerization is a useful technique.
Surface coatings can also be used to provide surface composition chemically different
from the substrate. For orthopedic implant applications, engineered bio coatings of alumina,
zirconia, bioactive glasses (glass ceramics), and calcium phosphate based (Ca-P) ceramics on Ti
base alloys is a common practice. Alumina and zirconia are considered as boinert as they do not
induce the formation of a fibrous tissue at the interface and direct bonding with the surrounding
tissues. Bioactive glasses and Ca-P based ceramics are considered as bioactive as they form a
direct chemical bonding with the bone. Ca-P based ceramics are widely used as bioactive
coatings as they possess similarity with the mineral phase hydroxyapatite present in the human
bone and teeth. Ion beam assisted deposition, plasma spray coating, pulsed laser physical vapor
deposition, magnetron sputtering, etc. are among the several types of coating methodologies that
are being employed to achieve such a surface.

1.5.1.3 Biological modifications
In the last few years, there has been a major shift in the design criteria for modern synthetic
biomaterials. An understanding of cell and molecular biology has led biologists, chemists, and
material scientists to design biomaterials equipped with molecular cues mimicking certain
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aspects of structure or function of natural extra-cellular microenvironments [1-3]. Hence,
biological surface modification is aimed at controlling cell and tissue response to an implant by
immobilizing biomolecules representing such molecular cues on the surface of biomaterials.
Adsorption, entrapment, and covalent attachment are the three mechanisms by which
biomolecules are immobilized on the surface of a biomaterial. The most commonly used
biomolecules for immobilization on load bearing implant surfaces include purified protein
components such as fibronectin, laminin, and collagen. Purified protein components such as
collagens from animal tissues are advantageous because of their inherent properties of biological
recognition, presentation of receptor binding ligands, and susceptibility to cell triggered
degradation and remodeling [61].
Biological surface modifications can also be aimed at producing surfaces resistant to
biofouling, protein and cell adhesion and thereby improve its blood compatibility. The outer
membrane of intact blood cells consists mainly of phosphorycholine containing phospholipids
that provide a nonthrombogenic surface. Hence, phosphorycholine polymers can, therefore, be
grafted on to biomaterial surfaces to mimic the phospholipid head groups of the cell surface and
thereby improve its biocompatibility. Figure 1.15 [62] shows the immobilization of
phosphorycholine polymers on a titanium surface controlled by a vinyldimethylsilane (VDMS)
monolayer.
Although all of the above surface modification techniques have demonstrated significant
promise in terms of improving the bioactivity and biocompatibility of the implant materials, most
of them are only restricted to lab scale experiments and yet to be fully practiced for large scale
production and manufacturing. The most commonly used surface modification technique for load
30

Figure 1.15 Figure illustrating the immobilization of phosphorycholine polymers on to titanium
surface controlled by a vinyldimethylsilane (VDMS) monolayer. (Reprinted from [62] with
permission from Elsevier.)

bearing orthopedic implant materials is the physiochemical surface coatings of Ca-P based
bioactive ceramics on Ti based metallic alloys.

1.5.2 Ca-P based bioactive coatings
A variety of surface coating methodologies such as ion beam assisted deposition, plasma spray
deposition, electrophoretic deposition, pulsed laser physical vapor deposition, micro-arc
oxidation, magnetron sputtering, sol-gel derived coatings, etc. are being currently employed to
deposit Ca-P on Ti based alloys. Most of these techniques are aimed to enhance short- and longterm performance of implants by encouraging bone ingrowth and provide enhanced fixation.
Further, coatings of these bioceramics on Ti based alloys also provide appropriate surface
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chemistry for tissue compatibility without altering the bulk mechanical properties of the material.
Among the above surface coating methodologies plasma spray deposition is the most
commercially used technique for orthopedics and dental implants. However, this method suffers
from certain draw backs such as poor adherence of the coating to the substrate, low fracture
toughness of the ceramic coating, lack of uniformity of the coating thickness, biodegradation,
and fatigue and third body wear of the coating [2, 63]. The higher coating thickness (> 100 µm)
associated with plasma spraying technique poses a major problem as it can cause failure due to
fatigue under tensile loading conditions [63]. Also with increasing thickness the residual stresses
within the coatings increase and its energy release may promote cracking at the substrate/coating
interface [63]. To address these issues, a variety of thin film based surface coating techniques
such as pulsed laser physical vapor deposition, magnetron sputtering, ion beam assisted
deposition, etc. are being employed to deposit Ca-P coatings on metallic substrates [63].
Nonetheless, none of these thin film based coating techniques is able to synthesize a sound
metallurgical bonding between the Ca-P coating and the substrate and unable to create a regular
three dimensional topographic cues on the surface. The lack of a sound metallurgical bonding
often results in loosening of the ceramic coating and release of foreign elements into the body
environment. In order to improve the bonding strength between the coatings and substrate,
several researchers tried the laser based melting technique [64-69].
Potential of the laser based melting technique for load bearing orthopedic implant
applications has already been demonstrated in the work by Cheng [64], Lusquiños [65], and
Wang [67]. Cheng and co-authors [64], directly melted pre-placed HA-Ti composite powders on
Ti alloy substrate using a Nd:YAG laser. The authors characterized the mechanical properties of
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the coatings using Vickers and nano indentation techniques. The higher values of hardness,
elastic modulus, and resistance to crack growth as obtained using the above techniques proved
for the sound interfacial toughness of the coatings. Lusquiños and co-authors [65] used a laser
based cladding technique where a high power laser beam was used to melt the substrate (Ti-6Al4V), and a simultaneous jet of precursor (HA powder) was blown by a carrier gas on to the
molten cloud to form the coating. The authors showed the presence of sound bonding and
minimum dilution of the clad layer into the matrix of the substrate using SEM and XRD analysis
of the cross-sectioned specimens. A laser based cladding technique using calcium carbonate and
calcium hydrogen phosphate as the precursor material to synthesize HA coating on Ti substrate
was demonstrated by Wang et al. [67]. Using SEM and XRD analysis the authors showed the
presence of sound bonding at the interface with cellular dendritic structure and the presence of
phases HA, α-Ca2P2O7, CaO, and CaTiO3 within the coating [67]. Although, all of the above
works proved the feasibility of a sound metallurgical bonding via laser based melting technique,
none of these techniques could achieve a regular three dimensional topographic cue for contact
guidance and adhesion of bone forming cells. In light of the above drawbacks associated with the
present surface modification techniques, a laser based surface engineering approach was
researched in the current work to simultaneously synthesize a metallurgically bonded textured
Ca-P coating on Ti-6Al-4V substrate.
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Chapter 2
Scope and Objective of the Current Work
A textured Ca-P bioceramic coating on Ti-6Al-4V substrate is expected to replicate the
functionality and natural organization of the hard tissue to the best proximity. Following
implantation of such a biomaterial, the various phenomena that may occur at the interface under
in vivo conditions is sequential and can be best illustrated by the schematic shown in Figure 2.1
[2]. Initially, owing to the appropriate surface chemistry and textured morphology the proteins
respond to the implant surface and within few seconds to minutes a thin layer of protein film is
formed on the surface. Since cells respond to the proteins, this protein film then controls the
subsequent bioreaction. The cells attached to the proteins get contact guided by the textured
morphology, differentiate, and multiply to form complex tissues. Therefore, the initial adsorption
of proteins plays a vital role in determining the nature of the tissue-implant interface. Further, as
an alteration in surface morphology and surface chemistry affects the wetting behavior of the
implant material under in vivo conditions, it is this wetting characteristic (hydophilicity or
hydrophobicity) of the material that finally controls the adsorption of proteins to the implant
surface. An understanding of the mechanism of wetting will help in tailoring the surfaces for
more hydrophilic behavior to physiological fluids and thereby help recruit proteins and bone
cells from the surrounding to the implant surface swiftly.
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Figure 2.1 Schematic illustration of the sequential reactions that take place after the implantation
of an biomaterial into a living system [2].
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Keeping in mind the above advantageous features associated with a textured coating for
load bearing orthopedic implant biomaterials, the goals or objectives of the current research were
set as follows:
 Develop a technique to synthesize simultaneously a textured biocompatible coating with
appropriate topographic cues and surface chemistry.
 Study the microstructure and morphological and phase evolutions in the textured
coatings as a function of processing parameters.
 Calculate the surface energy components of the textured surfaces for gaining enhanced
understanding of the mechanisms and the effects of textured coating on the wetting
behavior to both simulated body and standard testing liquids.
 Study the in vitro bioactivity of the textured coating by immersing the samples in a
solution with ionic concentrations equal to that of the human blood plasma and analyzing
the precipitation of HA.
 Correlate the precipitation kinetics or the mineralization behavior of HA to both the
wetting and varying surface morphology.
 Study the biocompatibility of the textured coatings in terms of cell viability and cell
differentiation by culture of bone cells.
 Make a qualitative assessment of the proliferation and cytoskeleton organization of the
bone cells on the textured surfaces.
In the current work, we used a laser based direct melting technique to achieve textured coating.
Here by controlling the laser process parameters, surfaces with appropriate topographic cues and
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phases were aimed to be synthesized for improved wettability, in vitro bioactivity, and in vitro
biocompatibility. Further, in order to only understand the effect of morphological features on the
wetting dynamics, the laser process parameters were controlled to achieve surfaces with different
morphologies and same beneficial (Ca-P) phases. The textured surfaces obtained by this
approach were assumed to simulate a cosine profile (Figure 2.2) [70-73] with a Gaussian
distribution of amplitude. They were then characterized in terms of the roughness parameters i.e.
the standard deviation of amplitude (σA) and wavelength (λ) and their ratio (σA/ λ) was taken as a
measure of texture parameter. Based on the texture parameter value, the surface textures were
characterized as radial type grooves and sharp circular type grooves [70-73]. Finally, the effect
of laser processing parameters on the texture parameter (σA/ λ) and thereby its influence on
wettability, in vitro bioactivity, and in vitro biocompatibility is systematically discussed. As a
future surface engineering approach, a laser based optical interference patterning technique (LIP)

z  A cos

Figure 2.2 Schematic illustration of a textured surface morphology [70-73].
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technique to synthesize 3-dimensional regular topographic cues on Ti-6Al-4V was also touched
upon. Preliminary efforts were made towards understanding the wetting behavior on interference
patterned samples and thereby analyzed its potential for load bearing implant applications. Based
on the wetting results obtained on the samples processed by laser direct melting and LIP, an
attempts were made to understand the textured coating and simply textured surface (uncoated).
Finally, the above proposed goal and approach of the current research can also be very well
summarized in the following illustration (Figure 2.3).
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Goal: To synthesize textured Ca-P coating with
improved wettability, in vitro bioactivity and in
vitro biocompatibility
Approach: Laser based surface engineering

Techniques: 1. CW Nd:YAG laser direct melting
2. Pulsed Nd:YAG laser direct melting
3. Laser interference patterning
Post laser analysis of textured coatings

Microstructure and
Phase analysis:
SEM, XRD, EDS,
XPS, FTIR

Morphology and
texture parameter:
Confocal laser
microscopy

Wettability and
surface energy:
Contact angle
measurement

In vitro
biocompatibility:
Culture of
osteoblast like cells

In vitro bioactivity:
Immersion in SBF

Figure 2.3 Flow chart of proposed goal and approach of current research work.
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Chapter 3
Experimental Work
3.1 Materials selection and preparation
Understanding from the natural organization of the hard calcified tissue and service requirement
of an orthopedic implant biomaterial, it can be realized that the synthetic material chosen to
function at the damaged site should have appropriate mechanical behavior and in vivo
biocompatibility. However, it is difficult to achieve both these properties in a single material.
Hence, a striking balance had to be brought by integrating a substrate material having good
mechanical properties with a coating material exhibiting superior biocompatibility. Because of
its superior mechanical properties and chemical stability under in vivo conditions, Ti-6Al-4V
was selected as the substrate material. Further, to provide the tissue/implant interface with the
best biocompatible surface, Ca-P based HA (Ca10(PO4)6(OH)2) powders were used as the
precursor coating material. The importance of HA in providing a bioactive surface and thereby
enabling a chemical bonding at the tissue/implant interface has been discussed in chapter 1. In
spite of the bioactive and biocompatible nature of HA, some of the recent studies on HA coatings
have limited their scope for implant applications, owing to the adverse reactions found in vitro
and in vivo [74], low bonding strength between the HA and substrate, and poor mechanical
properties of the coating. Hence, to overcome these limitations there has been a considerable
interest in developing new bioactive ceramic coatings based on bioglass compositions such as
Na2O-CaO-SiO2-P2O5 [75], wollastonite (CaSiO3) [76], and dicalcium silicate (Ca2SiO4) [77].
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In most of the above compositions, the presence of SiO2 is found to be in common, since
SiO2 can easily form a Si-OH functional layer under in vivo and in vitro conditions and there by
enhance the mineralization of an apatite like phase at the interface between the bioceramic
coating and hard tissue. Another reason for SiO2 being used as the basement of above systems is
that it can directly act in the mineralization process, where aqueous Si, in the form of orthosilicic
acid (Si (OH)4), is able to induce the precipitation of HA from electrolyte solutions in the
presence of proteins that normally inhibit its precipitation [78, 79]. Due to the above beneficial
properties of SiO2 in biomaterials, preliminary efforts with HA-SiO2 as a composite precursor
material were also conducted for coating on Ti-6Al-4V and studied for its wettability, in vitro
bioactivity, and in vitro biocompatibility.
The Ti-6Al-4V substrate coupons were obtained from Techcut10 ™ Allied High Tech
Products Inc and the HA and SiO2 precursor powders were obtained from Fischer Scientific. The
HA and SiO2 precursor powders had a spherical morphology with a unimodal distribution in the
range of ~10 to 30 m. To start with the sample preparation, the Ti-6Al-4V substrate coupons of
dimensions 100 mm50 mm3 mm were cut from the rolled sheets using an abrasive cutter.
Before being coated with the precursor, all substrate coupons were polished using a 30 m grit
SiC emery paper and then rinsed with acetone to get a clean surface free from rust and oxides.
The pure HA precursor and the thoroughly blended HA-SiO2 (the ratio of SiO2 to HA is fixed as
1:3 in weight %) precursor were mixed separately in a water-based organic solvent (LISI W
15853) obtained from Warren Paint and Color Company (Nashville, TN, USA) and mechanically
stirred for 25 minutes to get a viscous slurry. Each slurry was then sprayed onto the polished and
clean substrate coupons using an air pressurized spray gun. The sprayed coupons were dried in
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air to remove the moisture. The thickness of the precursor deposit was maintained at 80 m for
all samples. The dried coupons were then scanned under a laser beam to obtain a textured
coating. For interference patterning, the Ti-6Al-4V (100mm×50mm×3mm) cut coupons were
prepared by polishing with emery papers of different grits ranging from 200 µm to 1000 µm in
succession followed by disc polishing with colloidal silica of 0.3 µm and 0.05 µm to get a mirror
finished surface. Here, no precursor powders were used, and the LIP was carried directly on the
polished Ti-6Al-4V sample.

3.2 Surface modification via pulsed laser direct melting
A pulsed laser is characterized by the short pulse duration (Figure 3.1) in the range of femto
seconds to mili seconds, high peak power, and intermittent delivery of the laser beam. During the
impact of such ultra short pulses a fine layer of material is melted and then is vaporized at the
surface forming a vapor jet. This jet induces a recoil pressure and the liquid metal underneath is
pushed towards the edges of the impact. After the end of the laser pulse the liquid metal solidif-

Figure 3.1Schematic representation of the output power delivery with time in a pulsed laser.
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ies and forms a crater on the surface of a metal. The presence of such a crater due to pulsed laser
irradiation generates a physical texture on the surface of a material (schematically shown in
Figure 3.2 [80]) and can be considered as a 3-dimensional topographic cue for contact guidance
and cell adhesion. The presence of short duration pulses also results in high cooling rate and
thereby meta-stable phases suitable for bio-application. These beneficial effects were explored
with the Ti-6Al-4V samples pre-sprayed with HA and HA-25 wt% SiO2 precursor.
The pre-sprayed samples were scanned using a JK701 model pulsed Nd:YAG laser to
obtain a metallurgical bonded textured coating. The schematic of the laser coating experimental
set up used for the coating process is shown in Figure 3.3 [71]. The laser was equipped with a
fiber optic beam delivery system to transfer the laser beam from the laser head to the material.
The output coupler is equipped with a 120 mm focal length convex lens which gives a spot
diameter of approximately 240 μm at focus. The focused spot is kept at approximately 0.8 mm
above the surface of the sample so as to have a spot size of approximately 900 μm on the surface.
The laser processing parameters used for the coating process is listed Table 3.1.

Figure 3.2 Different steps involved in evolution of the surface morphology at various times (t1 <
t2 < t3) for a single laser beam [80].
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Figure 3.3 Schematic of laser texturing process using pulsed Nd:YAG laser [71].

Table 3.1 Laser processing parameters used for coating using pulsed Nd:YAG laser.
Laser parameters

HA precursor
Experiment 1
Experiment 2
Pulse width
0.5 ms
1 ms
Pulse energy
4J
4J
Pulse repetition rate 20 Hz
10, 20, 30, 40 Hz
(f)
Laser scan speed (V) 36, 48, 78, 102 cm/min
50 cm/min
Focus position
0.8 mm above the 0.8 mm above the
surface of the sample
surface of the sample
Spot diameter on the 900 μm
900 μm
surface (D)
Pulse shape
rectangular
Rectangular
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HA-25
wt%
precursor
1ms
4J
30 Hz

SiO2

75 cm/min
0.8 mm above the surface
of the sample
900 μm
rectangular

From the table 3.1 above, it can be realized that for experiment 1 the laser scan speed was varied
keeping the rest of the parameters constant, whereas for experiment 2 the pulse frequency was
varied keeping the rest of the parameters constant. The scan speed (V) and the pulse frequency (f)
can be related to the laser spot overlap (Sx) by the following equation [70-71]:
sx  1 

V
……………………………………………………………………………………3.1
fD

For experiment 1 the spot overlap decreased with increasing laser scan speed and a spot overlap
of 65, 55, 28 and 5.5% were obtained for the laser scan speed of 36, 48, 78 and 102 cm/min
respectively. In contrast for experiment 2, the spot overlap increased with increasing pulse
frequency and a spot overlap of 6, 53, 69 and 76 % were obtained for pulse frequency of 10, 20,
30 and 40 Hz, respectively. As only preliminary efforts were made for the HA-25 wt% SiO2
precursor, a single suitable parameter based on past experience was selected to synthesize a
textured coating.

3.3 Surface modification via CW laser direct melting
In a CW laser, the output power of the laser beam is constant with time (Figure 3.4). Hence,
direct melting using a CW laser is likely to produce more uniform thermal conditions within the
beam-substrate interaction region. Further, as the beam is delivered in a continuous mode, direct
melting and simultaneous scanning of a material surface result in a line pattern rather than a
crater as in the case of a pulsed mode operation. The laser scanning process in this case can be
programmed to achieve line patterns with varying lateral track spacing and hence micro-textured
patterns at varying length scales can be obtained. The formation of such line patterned Ca-P
surface is expected to provide contact guidance for directional attachment of bone forming cells
and thereby improve its biocompatibility. Keeping the above potential advantages in mind, the
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Figure 3.4 Schematic representation of the output power delivery with time in a CW laser.

HA pre-sprayed samples were scanned under a CW Nd:YAG laser equipped with a fiber optic
beam delivery system to obtain a metallurgically bonded textured Ca-P coating. The schematic
of laser coating experimental set up used for the coating process is shown in Figure 3.5 [72]. The
fiber equipped with the laser system is interfaced with an end effector that houses a set of
spherical and cylindrical lenses which are used to shape the laser beam output. The laser operates
in the infrared region with a wavelength of 1064 nm. The laser processing parameters used for
coating process are presented in Table 3.2 [72]. It can be observed (Table 3.2) that two different
laser powers 215 W and 300 W were used for each side ways line spacing (100 µm and 200 µm).
A lateral spacing of 100 µm and 200 µm is chosen so as to match the length scale of the naturally
occurring three dimensional extra cellular matrix (ECM) present in the human bone [50]. Hence
four different samples with a varying combination of laser power and surface topography were
generated for the study.
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Figure 3.5 Schematic of laser texturing using CW laser [72].

Table 3.2 Laser processing parameters used for coating using a CW laser [72].
Stand of distance
Laser spot shape
Laser spot diameter
Laser scan speed
Average output power
Laser fluence or energy density of the laser beam
Line spacing
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356 mm above the sample surface
Circular
400 µm
3000 cm/min
215 W, 300 W
137 J/cm2, 191 J/cm2
100 µm, 200 µm

3.4 Surface modification via LIP
The polished Ti-6Al-4V samples were surface treated using a linear polarized third harmonic
of a Q-switched Nd:YAG laser (Coherent Infinity, Santa Clara, USA). In this technique, the
primary laser beam was split into two coherent sub-beams that were guided using an optical
system to produce interference at the sample surface. This allows the creation of periodic
surface textures at length scales ranging from the micro to nano in a single step process. A
detailed schematic set-up of the process is illustrated in Figure 3.6 [73]. The geometry of the
pattern depends on the wavelength and angles between the laser beams. The two interfering
laser beams create a sinusoidal intensity distribution with high-and-low intensity lines (Figure
3.7). The distance, w between the high intensity spots (periodicity) can be varied with the angle
(β) between the beams as per the following Bragg equation [81, 82]:

w



………………………………………………………………………………3.2
 
2 sin  
2
In this preliminary work, the pulse duration and repetition rate used to create the patterns were
2.5 ns and 10 Hz, respectively. The area irradiated by the laser beam was approximately 0.5024
cm2. The samples were irradiated under three different laser fluences of 362.26, 525.47, and
760.35 mJ/cm2, while keeping the number of pulses as 5. Two different surface patterns (i.e. the
groove and pillar-like) were obtained under each laser fluence. In order to generate pillar-like
features, the sample once irradiated was rotated 90° and irradiated again with 5 pulses. Hence, it
was a two-step process, with the effective number of pulses being doubled compared with the
groove-like features.
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Figure 3.6 A schematic of the laser based interference patterning technique [73].
w

Figure 3.7 Schematic of intensity distribution and corresponding surface profile obtained by two
beam laser interference patterning.
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3.5 Surface characterization
3.5.1 Microstructural characterization
The characterization of surface and

cross-section microstructure of the textured coated

specimens, were carried out using both a LEO 1525 scanning electron microscope (SEM) and
Leica optical microscope as per convenience and requirement. The samples in cross-section were
prepared by polishing with emery papers of different grits ranging from 200 µm to 1000 µm in
succession followed by disc polishing with colloidal silica of 0.3 µm and 0.05 µm to get a
polished surface. The polished samples were then cleaned with acetone and etched with 5 vol %
HF, 3 vol % HNO3 and 92 vol % H2O for 10-20 s by immersion etching to reveal the
microstructural features.

3.5.2 Elemental analysis
The elemental analysis was conducted using both energy dispersive spectroscopy (EDS) and Xray photoelectron spectroscopy (XPS) techniques. The EDS unit was attached to a JEOL1525
SEM system and the elemental analysis was obtained from a selective location while looking
under the SEM. As the depth of probe using an EDS is in the range of micron scale (0.5 - 3µm
depending on the energy of the electron beam), elemental data collected using this technique
does not truly provide the near surface elemental composition. Hence, an XPS was also used in
conjunction to quantify the surface elemental compositions.
A VersaProbe™ 5000 Scanning XPS Microprobe instrument was used here for the
surface elemental analysis study. A monochromatic aluminum X-ray beam source at 1486.6 eV
and 49.3 W was used to scan upon the sample surface. A high flux X-ray source with Aluminum
anode was used for X-ray generation, and a quartz crystal monochromator was used to focus and
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scan the X-ray beam on sample. The X-ray beam diameter used was 200 µm and the chamber
was sputter cleaned and operated at a vacuum pressure of 5 x 10-6 Pascal for the study. The
samples used for XPS studies were cleaned with distill water and dried in a vacuum desicator
prior to analysis.

3.5.3 Phase analysis
The phase evolution was studied using both X-ray diffraction (XRD) and Fourier transform
infrared (FTIR) spectroscopic technique. A Philips Norelco XRD system with Cu-Kα radiation
of wavelength 1.5418 Å was used to study the phase evolution. The XRD system was operated at
20 kV and 10 mA in a 2θ range of 20° to 100° using a step size of 0.02° and count time of 1s.
The FTIR analysis was carried using a Nicolet FTIR Continuum Infrared Microscope,
configured for operation under reflectance and transmission mode. In the current study the solid
samples were analyzed under the reflectance mode and the samples were placed on an aluminum
coated slide for the background. The spectra were obtained at 4.00 cm-1 resolution averaging 100
sample scans and 32 background scans. The acquisition range used was 650 cm-1 to 4000 cm-1.

3.5.4 Morphological evolution
The 3-dimensional morphological evolutions, surface roughness, and texture parameter of the
textured coated samples were studied using a Leica confocal laser microscope. The laser beam
was scanned across a surface area of 1500 µm × 1500 µm to obtain the 3-dimensional surface
morphology. The roughness values are recorded in the form of R a (defined as the arithmetic
average of all points of the profile also called the center line average height), Rz (arithmetic
average of vertical distances between the highest peak and deepest valley within a sampling
length) and Rmax (maximum individual roughness depth). A total of 5 random scans were carried
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out across each sample to get an average and standard deviation within these roughness values.
In order to have a precise understanding of the effect of 3-dimensional topographic cues on
wettability the rough surfaces were assumed to hold a Gaussian profile with a cosine distribution
of amplitude as proposed by Zhou and De Hosson [83]. Hence, in the present work, the surface
texture was characterized in terms of the roughness parameters σA (the standard deviation of
amplitude of random points on the surface from a line drawn through the trace such that crosssectional areas of the asperities above and below the grooves are equal) and λ (the periodicity of
the profile or the distance between any two successive crests or troughs), and their ratio (σA/λ)
was used as a measure of surface texture. A total of 5 random scans were chosen on each sample
and the sampling showed that both parameters (σ A and λ) could be defined with an accuracy of
2-4 %.
As the surface features for the LIP samples are in the nano to submicron scale, 3dimensional morphological features such as width d at full width half maxima (FWHM), height
h, and the periodicity w of the patterns were measured using a Zygo laser interferometer setup.

3.6 Mechanical characterization
The mechanical integrity of the coated samples was evaluated using nanoindentation and wear
performance in a simulated body environment. A Hysitron® Triboindenter (Minneapolis, MN,
USA) with a 100 nm radius Berkovich pyramidal tip was used for nanoindentation studies. Loadcycle involved peak load of 2000 µN ramped at 10 s, followed by a 3-second hold at the peak
load, and consequent unloading in 10 seconds. The peak load was automatically adjusted by
nanoindenter to keep the segment times constant for loading, dwell, and unloading. A minimum
of 10 indentations were performed across the polished cross section for each sample and thereby
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extracting data from three different locations with a test-area of 20 μm x 10 μm. Young’s
modulus and hardness were calculated from the load-displacement curve using Oliver-Pharr
analysis [84-86].
Wear performance of the coated samples in simulated body environment was studied
using pin on disc wear tester with an arrangement for immersion of the pin and sample in SBF
contained in a test cell attached to the tester (Figure 3.8) [87]. Since alumina (Al2O3) is used as a
ceramic acetabular component which comes in contact with the femoral head, a 50 mm long and
3 mm diameter alumina pin was used to slide against the textured coated specimens. The coated
specimens were cleaned with acetone in an ultrasonic bath to remove any dirt or grease from the
surface of the sample. The tip of the pin was polished flat to have a close contact with the sample
and the SBF solution was maintained all time in the cell so that the specimen remains immersed
throughout the test. The test was conducted at a normal load of 8.8N and the wear cell rotating at
a speed of 100 rpm or equivalent linear speed of 32 m/min. The total duration of the test was 100
minutes and the weight loss for the sample was noted down for every 10 minutes.

3.7 Contact angle and surface energy
Contact angle studies were carried out by a static sessile drop technique using a CAM-PlusR
contact angle goniometer (Cheminstruments, Inc. Fairfield, Ohio), equipped with a fiber optic
light source and Video camera for imaging. A liquid droplet of volume 3 µl (droplet diameter of
2 mm) was placed on the thoroughly cleaned sample by a hypodermic syringe and the advancing
contact angle was taken as a measure of wettability. The liquid drop placed on the sample was
allowed to stabilize for 10 seconds before the reading was taken. The test was conducted at room
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Figure 3.8 Schematic of a wear testing set up [87].
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temperature (26 °C) and a minimum of 10 contact angle readings were taken on each sample to
minimize error in the measurement. Further, the measurement was based on the patented half
angle method (US Patent 5268733) which eliminates the errors associated with the arbitrary
tangential alignment.
The surface energy calculations were made according to the Van Oss [88] approach using
the following equation:





(1  cos  ) L  2 ( SLW  LLW )1 / 2  ( S  L )1 / 2  ( S L )1 / 2 …………………………………………3.3

According to their approach the surface energy or surface energy of a solid  S (or a liquid  L )
can be divided into the Lifshitz-van der Waals surface energy ( SLW ) and Lewis acid-base surface
energy ( SAB ) components as described below:

 S   SLW   SAB …………………………………………………………………………………………3.4

 SAB  2  S  S …………………………………………………………………………………………3.5
Here  S is the Lewis acidic or the electron-acceptor component,  S is the Lewis basic or the
electron-donor component and θ is the contact angle of liquid L and solid S. The surface energy
components of three well characterized test liquids (Table 3.3) [89, 90] i.e. one apolar
(dioiodomethane) and two polar liquids (water and formamide) were used in equation 3.3 to
solve for  S . In order to correlate the surface energy calculations to the mineralization behavior
of the samples, contact angle measurements were also performed using both a SBF and cell
culture medium. The composition and preparation of SBF and cell culture medium are discussed
in the following sections.
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Table 3.3 Surface energy components of the standard liquids (units mJ/m2) [89, 90].
Material

( LLW )

 L

 L

 LAB

L

Water

21.8

25.5

25.5

51.0

72.8

Formamide

39.0

2.28

39.6

19.0

58.0

0

0

0

51.0

Dioiodomethane 51.0

3.8 In vitro bioactivity
In vitro bioactivity and mineralization kinetics of the laser processed samples were studied by
soaking the samples in a SBF. The SBF solution was prepared by dissolving the reagent grade
chemicals in the following order: NaCl (8.026 g), NaHCO3 (0.352 g), KCl (0.225 g),
K2HPO4·3H 2O (0.230 g), MgCl2·6H 2O (0.311 g), CaCl2 (0.293 g) and Na2SO4 (0.072 g) into
distilled water (700 ml). The fluid was then buffered to pH = 7.4 at 37 °C with trihydroxymethyl-aminomethane (6.063 g) and 1.0-M hydrochloric acid (40 ml) [70-73, 80].
Plastic containers were used to soak the samples in SBF for different time periods. The solution
was refreshed every 24 h to maintain a pH of 7.4, and the temperature was maintained at 37 °C
during the course of the test. The samples were removed from the solution at specified time
intervals followed by rinsing with distilled water and air drying for further analysis. Scanning
electron microscopy (SEM) was used to observe the microstructure and morphological
evolutions of mineralized samples. The phase analysis of the mineralized samples was conducted
using XRD and FTIR technique.
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3.9 In vitro biocompatibility
In vitro biocompatibility of textured coated samples was evaluated through cell attachment and
cell morphology during cell culture studies using the mouse pre-osteoblast MC3T3-E1 (subclone
14) cell line, obtained from American Type Cell Culture Collection (ATCC, Manassas, VA,
USA). The cells were maintained in a tissue culture flask using the cell culture medium at 37 °C
under 5% CO2 and 95% air in a humidified incubator. The culture medium was replaced every 3
days and confluent cells were trypsinized and replated (0.25% trypsin-EDTA, Invitrogen, USA)
to maintain the cell line.

3.9.1 Cell viability
The textured coated samples and the control (untreated Ti-6Al-4V) of size 4 mm × 4 mm were
cleaned with 70% ethanol and then UV sterilized prior to cell culture. The pre-osteoblast cells
were then seeded on the surfaces of UV sterilized samples placed in 24-well culture plates at a
density of 1.25×105 cells/cm2 and stored in the CO2 incubator (maintained at 37 °C under 5%
CO2 and 95% air) for different time periods. As, the seeding density of the pre-osteoblast cells
were extremely high (1.25×105 cells/cm2), only 2 or 3 different time periods were chosen to
study the cell proliferation. To quantify the number of viable cells attached post-seeding, WST-1
assay was performed. WST-1 is a colorimetric assay where the absorbance at 450 nm is directly
proportional to the amount of mitochondrial dehydrogenases activity in the cells. Briefly,
samples were incubated with culture medium containing 10% WST-1 reagent (Roche, USA) for
4 h at 37 °C. After incubation, a 100 µl aliquot from each well was transferred to a 96-well plate
and the absorbance at 450 nm was measured using a microplate reader (1420 Multilabel Counter,
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Wallac Victor 2). Blank wells containing only culture medium and WST-1 reagent were also
prepared and used as background control for sample absorbance reading correction.

3.9.2 Cell morphology and cell cytoskeleton
The osteoblast cells suspended in 300 µl cell culture medium were seeded on the UV sterilized
samples at a lower density (1×104 cells/cm2) and incubated for different time periods at 37 °C
under 5% CO2 and 95% air in a humidified incubator. For cell morphology analysis using SEM,
cells cultured on the samples were fixed with 3% glutaraldehyde in 0.1 M cacodylate for 1 h and
rinsed three times with phosphate buffered saline (PBS). The samples were further processed in
2% osmium tetroxide in 0.1 M cacodylate for 1 h, dehydrated with a series of increasing
concentration of ethanol (25%, 50%, 70%, 95%, and 100%), critical point dried, and sputtercoated with gold for SEM observation. For immunocytochemical staining of the actin filament
and focal adhesion, the cells cultured on the samples were fixed with 4% paraformaldehyde
(Sigma-Aldrich, USA) in 1x PBS for 30 min at 4 °C. After washing with PBS, the samples were
permeabilized with 0.1% Triton X-100 (Fisher Scientific, USA) in 1x PBS for 5 min, blocked
with 1% bovine serum albumin (BSA, Sigma-Aldrich, USA) for 30 min, and incubated in the
primary antibody mouse anti-vinculin (Chemicon, 0.2%) for 1 hr. After rinsing, the samples
were incubated with 0.5% goat anti-mouse IgG Alexa Fluor 488 and 2% Alexa Fluor 594conjugated phalloidin (Invitrogen, USA) that labels the cytoskeleton F-actin filaments. Cell
nuclei were counterstained with 0.1% 4’, 6 – Diamidino-2-phenylindole (DAPI, Chemicon,
USA) in 1x PBS for 5 min. Samples were washed three times with 0.05% Tween-20 (Sigma) in
1x PBS before and after the staining steps. All the staining procedures were carried out at room
temperature. High resolution fluorescence images were captured using an upright fluorescence
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microscope (Nikon). Once the images were captured, a representative image was selected for
quantitative analysis of cell spreading area (A), and cell shape index (Ø). A total of 30 cells were
randomly selected for each sample, manually outlined, and the cell areas (A) were calculated
using the ImageJ image analysis software. The morphology of the cells described by the cell
shape index (Ø) was calculated using the following equation [91]:
Ø=

4A
……………………………………………………………………………………….3.6
p2

Here A is the cell spreading area and p the perimeter of the cell. For a perfect circular
morphology the cell shape index is 1, whereas for line morphology the shape index is 0. Previous
studies [92] have demonstrated a correlation between the cell shape index and cell fate and
function, thereby offering the potential to tailor biomaterial surfaces to control cell fate and
function through control of cell spreading.

3.9.3 Data analysis
For a particular time period of seeding a total of 4 samples were used from each laser processing
parameters and the control (untreated Ti-6Al-4V). The results were expressed as the mean of 4
replicates ±SD (standard deviation). Statistical analysis carried out using a student t-test was
applied to determine the statistical significance observed between the groups and P<0.05 were
considered statistically significant.
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Chapter 4
Pulsed Laser Induced Ca-P Textured Coating on Ti-6Al-4V
4.1 Introduction
A systematic organization of Ca-P coating on Ti-alloy substrate can be synthesized directly by
effectively controlling the thermo physical interactions during pulsed Nd:YAG laser processing.
Proper adjustment of the pulsed Nd:YAG laser parameters can be carried out to achieve textured
surface coatings by direct melting without any major ablation or material vaporization. Both
macro and micro/nano scale features can be obtained by such pulsed laser induced direct
melting. The micro/nano scale features produced due to temporal and spatial variation of energy
distribution within the beam can induce protein interaction, attachment, and alignment with the
substrate where as the macro scale features such as troughs, valleys, and pores obtained by laser
spot overlap may aid towards cell attachment and bone ingrowth [50, 93-96]. Due to the shorter
pulse width, the associated cooling rate is extremely high as compared to a continuous wave
operation. This may be helpful in retaining some metastable or amorphous phases of Ca-P
beneficial for bio applications.
In the present work, such feasibility of simultaneous synthesis of a textured and bioactive CaP coating on Ti-6Al-4V substrate using a pulsed Nd:YAG system has been demonstrated by
varying both the laser scan speed and laser pulse frequency.

4.2 Variation of laser scan speed
Different textures were obtained by varying the laser spot overlap with change in laser scan
speed. X-ray diffraction studies revealed the formation of α-TCP, TiO2, Ti and Al as the major
phases. Wear studies in a simulated biofluid (SBF) environment demonstrated an increased wear
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resistance of the coated samples as compared to the bare Ti-6Al-4V. Surface roughness
measurements of the textured coatings carried out using a white light interferometer indicated a
decrease in roughness with increasing laser scan speed. Wettability of the coated samples
measured using a static sessile drop technique demonstrated an increased hydrophilicity with
increasing laser scan speed. The influence of such textures and the associated surface roughness
on the precipitation kinetics of hydroxyapatite (HA) during immersion in a simulated body fluid
(SBF) was the prime focus of the present work. The mineralized samples obtained after
immersion in SBF were characterized using X-ray diffraction (XRD), energy dispersive
spectroscopy (EDS) and scanning electron microscopy (SEM) to understand the kinetics of HA
precipitation.

4.2.1 Microstructure and morphology of coating
In designing this experiment, the laser scan speeds are chosen in such a way that each of them
provide a completely different spot overlap and thereby a different texture morphology. Further,
under each of these laser scan speeds, the laser fluence or the input energy density was adjusted
so that there is complete melting of both the precursor and substrate material and a metallurgical
bonding is achieved at the interface. An optical microscope image (Figure 4.1 (a)) [97] of the
cross-section of the sample processed at a laser scan speed of 36 cm/min indicated a sound
interface between the coating and substrate material. A higher magnification SEM image of the
surface of the coating demonstrated a porous morphology with wide pore size distribution
(Figure 4.1 (b)) [97]. Low magnification optical microscopic images (Figure 4.2) [70] of the
surfaces of the coated samples clearly demonstrate the effect of varying laser scan speed on the
texture evolution. The laser scan speed influences the input energy density and the laser spot
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overlap. These two parameters in turn, therefore, greatly influence the surface morphology or the
texture evolution in the coating. Each pulse of a laser produces a solidified crater with a defined
boundary and a flat region at the center (Figure 4.2). Hence, as the laser scan speed is increased
the laser spot (crater) overlap is decreased as per Equation 3.1 which in turn modifies the crater
area as well as the surface texture. Also with increasing laser scan speed the input energy density
(fluence) decreased, and resulted in reduced surface melting or less thermal effect at the surface.
Thus, variation of laser processing parameters produced variable thermodynamic conditions
resulting in creation of different physical surface textures (Figure 4.2) [70]. The presence of
these different surface textures will provide different level of surface roughness and thereby
affect the wettability and in vitro bioactivity behavior. A major part of the succeeding studies in
this current experiment will be dedicated towards understanding this phenomenon.
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Figure 4.1 Sample processed at a laser scan speed of 36 cm/min: (a) optical cross sectional view
and (b) SEM of the coating surface revealing a porous morphology with wide pore size
distribution [97].
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Figure 4.2 Low magnification optical microscopic images of the surfaces of the coatings
obtained at laser scan speed of (a) 36 cm/min, (b) 48 cm/min, (c) 78 cm/min and (d)102 cm/min
[70].
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4.2.2 Phase evolution
Apart from the spot overlap, the laser scan speed also influences the input energy density (laser
fluence) and hence with varying laser scans speed the thermo-physical interaction and thereby
the composition of the coating is expected to vary. To understand this effect XRD studies were
carried out on the laser processed samples for phase analysis. The variation in thermodynamic
conditions under the range of laser scanning speeds, (fluences: 1887, 1415, 871, 666 J/cm2)
employed in the present work appeared to have no detectable influence on type and amount of
phase evolution in the modified surface region. All samples processed using these laser speeds
(fluences) demonstrated the evolution of same phases (Figure 4.3) [70]. Such major phases
identified within the detectable limits of the instrument are α-tricalcium phosphate (TCP), TiO2
(rutile and anatase), Ti, and Al. The formation of α-TCP is mostly due to the dehydration of the
Ca5(OH)(PO4)3 precursor during laser processing. This is a biocompatible phase as it can
hydrolyze under physiological conditions to form a calcium deficient hydroxyapatite [93]. The
formation of TiO2 is attributed to the oxidation of the underlying substrate as the samples were
processed under ambient conditions at extreme laser fluence of the order of 10 5 to 106 W/cm2.
TiO2 being a hard and chemically stable ceramic phase, it is expected to contribute towards
enhanced beneficial corrosion and wear resistance under in vivo conditions. The existence of
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Figure 4.3 XRD patterns of the samples processed at varying laser scan speeds using a pulsed
Nd:YAG laser [70].
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CaTiO3 phase is detected only at the higher laser scan speed (102 cm/min) within the range of
speeds employed in the present work. This may be attributed to the interaction between the Carich phases such as Calcium Phosphate Tribasic and TiO2 as per the reaction C4.1 [93]
2[Ca5(OH)(PO4)3](l) + TiO2  CaTiO3 + 3α-TCP + H2O(g)  ..................................................C4.1
The formation of CaTiO3 during laser cladding of HA on Ti-6Al-4V is also previously reported
[66]. Furthermore, the evolution of CaO may also take place through the partial decomposition
of α-TCP as per the intermediate reactions C4.2 and C4.3 [66]:

α-TCP + TiO2  CaTiO3 + α-Ca2P2O7....................................................................................C4.2
α-Ca2P2O7 + Ti  CaTiO3 + CaO + P2O3(g)  ........................................................................C4.3
Although the formation of CaO was highly anticipated during laser direct melting of the calcium
phosphate tribasic powder, in the present case the presence of such a phase was not observed
from the XRD peaks (Figure 4.3) [70]. Since CaO is a water soluble through the formation of
hydrade (Ca(OH)2) [98] and the samples were thoroughly cleaned prior to XRD studies the
absence of such a phase was greatly justified. The removal of CaO from the coating by water
rinsing is desired to avoid its entering into the body fluid. Similar dissolution nature of the CaO
phase was also previously reported in the work done by Kurella et al. [93] and Gu at al. [99]
during the studies related to Ca-P coatings on Ti-alloy substrate for bioapplication.

4.2.3 Mechanical response
Under in vivo conditions the coated implants are expected to sustain against severe mechanical
loading and wear from the surrounding body tissue. Hence, physical stability of the coating when
it comes in contact with the body plasma was important. Nanoindentaton and wear in a SBF
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environment were carried out to assess the mechanical behavior of the coatings. The
characteristic nanoindentation loading and unloading curves for different scan speeds and the
variation in elastic modulus (E) and hardness (H) with varying laser scan speed for the coatings
presented in Figure 4.4 [97] and in its inset respectively. In general, all coatings possessed higher
elastic modulus (~ 145 GPa) and hardness (~ 4.4 GPa) compared to the substrate material (E ~
120 GPa and H ~ 2.20 GPa) and they do not differ substantially from each other (E: 20 GPa and
H: 0.59 GPa). Such minor variation in these mechanical properties can be attributed to similar
types of phases evolved in the coating under the processing parameters employed in the present
work (Figure 4.3) [70].
A good bioceramic coating is expected to exhibit resistance to attack by the body fluids
and low metal ion release. The metal ions released through the chemical intereactions and the
metal particles separated through wear mechanism are perceived as foreign elements in the body
environment and may lead to osteolysis. Osteolysis results in loosening of the implant and
creation of a fibrous capsule at the interface. Hence, evaluating a wear performance of the
coatings in a SBF environment was vital. It is observed (Figure 4.5) [97] that the cumulative
weight loss of the bare Ti-6Al-4V after 100 minutes of wear test is 3-10 folds (0.0035 g) higher
compared to the Ca-P coatings (ranging from 0.00034 g to 0.00098 g for laser scan speeds
varying from 36 cm/min to 102 cm/min respectively). The cumulative weight loss among various
laser treated coatings varied between 4 times (Figure 4.5) [97]. Such a large variation may be
due to the variation in the nature of interfacial bond between the coating and substrate.
Optical microscopy images (Figure 4.6) [97] of the wear tracks on bare Ti-6Al-4V and
Ca-P coated Ti-6Al-4V illustrate the severity of damage on both surfaces. The typical appearan68

Figure 4.4 Nanoindentation data: (a) characteristic loading and unloading curves for the coating
and the substrate and, (b) variation in E and H of the coatings as function of laser scan speed
[97].
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Figure 4.5 Cumulative weight loss for the sample processed at varying laser scan speed and bare
Ti-6Al-4V in a SBF environment [97].

Figure 4.6 Optical microscopic image of the wear tracks on (a) bare Ti-6Al-4V and (b) Ca-P
coatings processed at a laser scan speed of 102 cm/min [97].
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ce of surface damage in bare Ti-6Al-4V can be attributed to a mixed effect of adhesion and
abrasion wear mechanisms. The flat mating surfaces of the pin and bare Ti-6Al-4V would have
resulted in adhesion and cohesion at the interface due to sliding and/or vibratory motions. As a
result, damage due to adhesive wear would result in the transfer of adhesively bound particles
from one surface to the other. Progressive accumulation and strong adhesion of more material
finally lead to increased abrasive wear and more material removal by ploughing. Thus, the
significant cumulative weight loss or low sliding wear resistance of bare Ti-6Al-4V can be
associated with this mutual effect of wear mechanism. On the other hand, the appearance of
surface damage in Ca-P coating is characteristic of an abrasion wear mechanism. In addition to
the presence of hard ceramic phase on the surface, the physical texture also contributed to high
sliding wear resistance of Ca-P coating. It is known that introduction of surface textures in the
form of depressions and undulations can improve the tribological properties [100]. In that case,
the textured Ca-P coating acts as a reservoir for the SBF and reduces the contact between the two
surfaces. Thus, the only wear mechanism associated with textured coating is slight ploughing of
the material when the pin comes in contact with the undulations. For all these reasons, the
textured Ca-P coatings exhibited very low cumulative weight loss or high sliding wear
resistance.

4.2.4 Wettability of textured coatings
The presence of identical phases (Figure 4.3) [70] in the coatings of all laser processed samples
is expected to provide minimal or no variation on the wetting characteristics during SBF
immersion. However, as stated in the following section, all the coatings in presence of these
phases and with the varying surface topographic cues have demonstrated significant increase in
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wetting compared to uncoated Ti-6Al-4V alloy. The variation in surface roughness (texture) of
coated samples with varying laser scan speed was evaluated using a white light interferometer.
As defined earlier, the roughness parameters such as standard deviation in amplitude, σA and
wavelength, λ are obtained from five random locations on each sample and presented as mean
value with related scatter in Table 4.1 [70]. The corresponding mean values of σ A/λ along with
the related scatter as a measure of surface texture are also included in Table 4.1 [70]. The
correlation between the experimental observations (Figure 4.2) [70] and measurement of
roughness parameters (Table 4.1) [70] indicate that the decreasing values of σA/λ ratio
corresponded with increasing values of laser scan speed. In other words, the surface roughness
transitioned from circular grooves to radial grooves with increasing laser scan speed. A
schematic of such a process is illustrated in Figure 4.7 [70]. The above transition or smoothening
effect can be attributed to the fact that as the linear scan speed is increased the number of pulses
per unit area (pulse overlap) and thereby the input energy density is reduced. As stated earlier,
this in turn resulted in less thermal effects and reduced melting on the surface and therefore a
low σA/λ value.
It is also well understood that wetting of a surface by a liquid is significantly affected by
its surface roughness [83, 101-104]. Table 4.1 [70] lists the experimental contact angles (θ) or
the apparent contact angles subtended by an SBF drop and corresponding texture parameter
(σA/λ) for uncoated and coated Ti-6Al-4V samples. The texture parameter (σ A/λ) and the
experimental contact angle (θ) for coated samples can be seen to have significantly lower values
compared to that for uncoated sample, indicating the influence of various phases evolved during
laser processing. On the contrary, within the set of laser coated samples it can be noticed that
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with increasing laser scan speed the texture parameter (σ A/λ) and the experimental contact angle
(θ) both decrease, indicating the influence of various surface textures and the same phases (αTCP, TiO2, Ti and Al) evolved during laser processing. Therefore, the surface becomes more
wettable with increasing laser scan speed and decreasing σA/λ value, as schematically illustrated
in Figure 4.8 [70]. At higher laser scan speeds the surface topographic features with smaller σ A/λ
value resembled a radial type groove morphology. When a liquid drop is placed on a surface
with radial grooves (smaller σA/λ value), it can easily overcome the energy barriers associated
with such surface to completely wet it. Thus, an equilibrium state of wetting is achieved when
the grooves are radial. Hence, applying an energy minimum condition a relationship between the
experimental contact angle affected by the radial grooves (θrad) and the theoretical contact angle
(θth) can be obtained as follows [83]:
cosθrad = D (1 - F) cosθth – F……………………………………………………………4.1
where D is defined as the average area ratio of real contacted interface to its projected part, and F
Table 4.1 Experimental results of contact angle of SBF and the texture parameter ( σA/λ) on the
Ca-P coated sample obtained at various laser scan speeds [70].
Sample

Standard deviation

Wavelength λ

Texture parameter

Contact angle θ

of

(μm)

σA/λ

(degrees)

amplitude

σA

(μm)
Bare Ti-6Al-4V

12.56 ± 0.37

2.79± 0.08

4.38 ± 0.04

60.5 ±0.85

Ti-6Al-4V/Ca-P 36 cm/min

5.384 ± 0.053

2.6 ± 0.026

2.28 ± 0.06

22±0.44

Ti-6Al-4V/Ca-P 48 cm/min

16.2 ± 0.024

9.46 ± 0.14

1.80 ± 0.036

19.5±0.48

Ti-6Al-4V/Ca-P 78 cm/min

12.93 ± 0.3235

7.98± 0.1995

1.14± 0.0171

18 ± 0.21

Ti-6Al-4V/Ca-P 102 cm/min

14.033 ± 0.18

12.52 ± 0.25

0.78 ± 0.0195

15±0.45
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Figure 4.7 Schematic showing the variation in surface profiles with varying laser scan speed
[70].
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is the area fraction of an uncontacted solid-liquid interface on solid (Figure 4.8) [70] . The
theoretical contact angle θth is defined as: Cosθth = (γs – γls)/γl, where γs, γls, and γl are the
interface energies between solid-vapor, liquid-solid, and liquid-vapor interfaces, respectively.
For a radial groove, both D and F are constants and since, the rough surface is assumed to
distribute as a cosine profile with a Gaussian distribution, they are both a function of σ A/λ [83].
Hence, through this energy minimum route it can be clearly understood that the decrease in
contact angle is due to formation of radial grooves (smaller σA/λ value) on a surface.
In contrast, when the surface features are sharp (higher σ A/λ value) at lower laser scan
speed they are termed as circular grooves. The intrinsic energy associated with the liquid drop
may not be sufficient enough to overcome the energy associated with the sharp features or
circular grooves. Hence, when a liquid drop is placed on such a surface an equilibrium state of
wetting could never be achieved. In such case, the contact angles affected by the circular grooves
can be related to the theoretical contact angle as per the following equation [83].
θcir = θth + (

8



 A )…………………………………………………………………4.2

Therefore, from the above equation it can be clearly explained that a circular or sharp groove
with higher σA/λ value always results in an increase in contact angle and thereby a decrease in
wettability (Figure 4.8) [70].
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Figure 4.8 Schematic showing the wetting behavior of a liquid drop on a rough surface having
(a) Circular grooves and (b) radial grooves [70].
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4.2.5 Mechanism and kinetics of HA precipitation on
textured coating
The influence of texture parameter (σA/λ) and wettability on the mineralization behavior of
samples are studied by immersing them in a SBF. An understanding of the above phenomena
will provide insight for the in vitro bioactivity behavior of the coatings and also thereby help
predict for the biocompatibility of the coatings. Figures 4.9-4.12 [70] represent the XRD studies
prior to and after immersion in SBF (for different time periods) for samples processed at laser
scan speeds of 36, 48, 78 and 102 cm.min -1, respectively. In each of these, the base spectrum
(prior to immersion in SBF) is included for comparison purpose. As discussed earlier, since there
was no detectable change in surface phase composition (Figure 4.3) [70] in all samples processed
using the set of laser parameters employed in the present work, it was inferred that surface
roughness (textures) is the only controlling factor that has influenced the precipitation kinetics of
HA on the sample surface during immersion in a supersaturated SBF. However, as explained
later, in comparison, the precipitation kinetics is expected to be significantly different in
uncoated and coated samples due to the influence of both surface phase composition and surface
texture.
For the samples processed at laser scan speeds of 36 and 48 cm/min (Figure 4.9, 4.10)
[70], a maximum attributed to the apatite phase at 2θ =31.75° corresponding to the plane (211)
was detected only after 48 hours immersion of the samples in SBF. On the contrary, for the
sample processed at laser scan speed of 78 cm/min (Figure 4.11) [70] the same peak was
observed soon after 24 hours of immersion in SBF. In addition to the above peak (2θ = 31.75°),
two more apatite peaks appeared at 2θ ~22.0° and 22.9° corresponding to planes (200) and (111)
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respectively, for the sample processed at laser scan speed of 102 cm/min (Figure 4.12) [70]. It,
therefore, clearly indicates that the sample processed at laser scan speed of 102 cm/min has a
pronounced biomineralization compared to all other samples. It can also be observed that there is
an increased crystallographic texturing along the planes (2 0 0) and (2 1 1) with increasing
immersion time. Such a phenomenon may be attributed to both the increase in volume fraction of
the apatite-like phase and crystal growth along the c-axis.
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Figure 4.9 XRD studies of the sample (processed at laser scan speed of 36 cm/min) (a) prior to
immersion in SBF and after immersion in SBF for (b) 24 hours, (c) 48 hours, (d) 72 hours and
(e) 96 hours [70].

Figure 4.10 XRD studies of the sample (processed at laser scan speed of 48 cm/min) (a) prior to
immersion in SBF and after immersion in SBF for (b) 24 hours, (c) 48 hours, (d) 72 hours
and (e) 96 hours [70].
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Figure 4.11 XRD studies of the sample (processed at laser scan speed of 78 cm/min) (a) prior to
immersion in SBF and after immersion in SBF for (b) 24 hours, (c) 48 hours, (d) 72 hours and
(e) 96 hours [70].

Figure 4.12 XRD studies of the sample (processed at laser scan speed of 102 cm/min) (a) prior to
immersion in SBF and after immersion in SBF for (b) 24 hours, (c) 48 hours, (d) 72 hours and
(e) 96 hours [70].
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SEM observations for the sample processed at laser scan speed of 102 cm/min
demonstrated (Figure 4.13) [70] the formation of a globular apatite like layer, following
immersion in SBF for different time periods. The formation of cracks within the thin apatite like
layer was attributed to the removal of moisture during drying. Further, it can be concluded from
the reduced dimensions of islands between cracks that, with increasing immersion time, there is
an increased accumulation of an apatite like layer or enhancement in biomineralization. The
thickness of this apatite layer varied from 8 to 15 µm with increasing immersion time. From the
EDS spectra (presented as inset within the SEM images) it can be observed that there is a strong
presence of Ca and P atoms following immersion in SBF, and also an increased intensity of both
Ca and P with increasing immersion time. These studies, therefore, further complement to earlier
findings from XRD studies (Figure 4.9-4.12) [70]. Apart from Ca and P, a small amount of Na
and Cl precipitated from the SBF solution can also be observed in the EDS spectra. This
enhancement in mineralization or bioactivity for the sample processed at laser scan speed of 120
cm/min, is as explained in earlier sections, a result of its improved wettability with SBF solution
due to the textured surface produced during laser processing.
The mechanism for improvement in mineralization can also be explained as per the
schematic illustrations presented in Figure 4.14 [70]. As explained earlier, when the laser scan
speed is increased the coated surface undergoes a transition from surface features with circular
grooves (high σA/λ value) to surface features with radial grooves (low σA/λ value) and thereby
improves its wettability to SBF. This improvement in wetttability, therefore, enhances the
reaction of water molecules present in the SBF with TiO2 and α-TCP phases present on the
surface of the sample as per the following reactions [105-107]:
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TiO2 + 2H2O  Ti (OH)4.........................................................................................................C4.4
3α-Ca3(PO4)2 +H2O  Ca9HPO4(PO4)5OH..............................................................................C4.5
The above reactions (C4.4 and C4.5) on the samples processed at higher laser scan speeds (low
σA/λ value) leads to the precipitation of more OH¯ ions in stage 1 and thereby increased negative
charge density on the surface of the sample (Figure 4.14 a) [70]. It has been widely reported that
the presence of a negatively charged surface enhances the formation of apatite on the substrate
[108, 109]. Following the precipitation of OH¯ ions in stage 1 (Figure 4.14a) [70], in stage 2 of
this mechanism, calcium ions (Ca2+) from the SBF are attracted towards the negatively charged
(OH¯) surface (Figure 4.14b) [70] to form calcium hydroxide. In stage 3, the calcium hydroxide,
therefore, reacts with phosphate ions (PO43¯) present in the SBF and consequently in stage 4 the
apatite nuclei on surface are formed as per the reaction C4.6 (Figure 4.14b) [110]:
10Ca(OH)2 + 6H3PO4  Ca10 (PO4)6(OH)2 +18 H2O...............................................................C4.6
As the immersion time is increased, a large amount of calcium and phosphate ions are attracted
towards the surface (stage 4) and thick layer of apatite is finally formed on the surface (stage 5,
Figure 4.14b) [70].
Further, the nature of precipitation kinetics was evaluated for HA stoichiometry through
EDS analysis of all the samples for each immersion period. A total of five readings were taken
from different locations on each sample. It can be observed (Figure 4.15) [70] that there is an
increase in Ca and P atomic concentration with increasing immersion time for all the samples.
This can be attributed to the presence of already formed apatite nuclei (stage 4, Figure 4.14b)
[70] which act as nucleating sites for the deposition of more Ca and P ions from the SBF. From
Figures 4.15a and 4.15b [70], for the samples processed at laser scan speed of 36 and 48 cm/min
respectively, the Ca/P atomic ratio following 24 hours of SBF immersion was more than 2 and
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Figure 4.13 SEM micrographs revealing the formation of globular apatite like layer following
immersion in SBF for different time periods and the inset showing the corresponding
EDS spectra (a) 24 hours (b) 48 hours (c) 72 hours (d) 96 hours. (For samples processed
at laser scan speed of 102 cm/min) [70].
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dropped to ~1.67 (the Ca/P atomic ratio for HA) after 48 hours immersion and remained the
same during 72 hours and 96 hours of immersion time. In contrast, for the samples processed at
laser scan speed of 78 and 102 cm/min (Figure 4.15c, and 4.15d) [70]) the Ca/P atomic ratio
immediately reached ~1.67 during 24 hours of SBF immersion and remained the same with
increasing immersion time (48, 72, and 96 hours). Such rapid saturation of Ca/P atomic ratio to
the value of the atomic ratio for HA (~ 1.67) at higher processing speeds (78 and 102 cm/min)
compared to at lower speeds (36 and 48 cm/min) further indicates the transition of surface
texture from circular grooves to radial grooves and associated increased wettability.
Finally, the effects of surface phase and surface texture (roughness) on the growth kinetics of
HA, on the bare Ti-6Al-4V and the samples processed at different laser scan speeds was studied
by measuring the increase in weight following immersion in SBF for different time periods. The
Ca-P coated samples processed at higher laser scan speeds (78 and 102 cm/min) have
pronounced biomineralization compared to the samples processed at lower laser scan speeds (36
and 48 cm/min) and uncoated Ti-6Al-4V (Figure 4.16) [70]. Also, for the uncoated Ti-6Al-4V
(Figure 4.16) it can be observed that there is a slight weight loss initially flowed by an increase
after 96 hours of immersion. This initial weight loss may be attributed to the reaction between
the reactive species (Na+ and Cl- ions) present in SBF solution and the uncoated Ti-6Al-4V. As,
there is no ceramic coating, the Na+ and Cl- ions present in the SBF solution easily corrode the
Ti-6Al-4V metallic surface, thereby resulting in a decrease in weight. However, as the apatite
precipitation starts taking place, it forms a barrier between the Ti-6Al-4V metallic surface and
the reactive species (Na+ and Cl- ions) and thereby results in an increase in weight at longer
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Figure 4.14 Schematic illustrations demonstrating (a) the favored mechanism for the formation
of more OH¯ ion groups on the surface of the sample processed at higher laser scan speed and
(b) the mechanism of apatite formation on such a surface [70].
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immersion times. The growth kinetics of HA on the samples was studied by curve fitting and
determining the kinetic constants. The weight increase for bare Ti-6Al-4V and the samples
processed at laser scan speed of 36 and 48 cm/min followed a linear relationship with immersion
time as per the following equation:
W = K (t) + A…………………………………………………...…4.3
In contrast, the weight increase for samples processed at laser scan speed of 78 and 102 cm/min
followed a power relationship with immersion time as per the following equation:
W = A (t)K ………………………………………………………………………………….…. 4.4
Here, W is the growth rate (grams/hour), A and K are the kinetic constants and t is the immersion
time (hours). The kinetic constants A and K obtained from the curve fits are listed as an inset in
Figure 4.16 [70]. These constitutive relationships and corresponding kinetic constants clearly
define the nature of biomineralization and the effects of surface phase and surface texture on
wettability as function of laser processing parameter (scan speed).
The above results therefore clearly demonstrated that by varying the laser scan speed,
bioactive Ca-P coatings with varying surface textures can be synthesized on Ti-6Al-4V
substrates. The presence of appropriate phase and surface textures resulted in an improvement in
wettabilty and in vitro bioactivity for the textured coatings as compared to the untreated Ti-6Al4V samples. Further, within the laser processed samples it can be observed that with increasing
laser scan speed the surface textures assumed to have radial type morphology and thereby
resulting in an improvement in wettability and its mineralization under in vitro conditions.
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Figure 4.15

Dependence of Ca and P atomic concentration and Ca/P atomic ratio to SBF

immersion time for the samples processed at laser scan speed of (a) 36 cm/min, (b) 48 cm/min,
(c) 78 cm/min, and (d) 102 cm/min [70].
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Figure 4.16 Deposition of HA in grams on Ca-P coated samples (laser textured at various laser
scan speeds) and bare Ti-6Al-4V substrate from the SBF solution as a function of immersion
time [70].
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4.3 Variation of laser pulse frequency
The process parameters used in earlier attempts with variation in laser scan speed (higher laser
fluence in the range 666 mJ cm-2 – 1887 mJ cm-2) resulted in oxidation of the underlying
substrate and severe reaction between both the precursor (HA) and substrate (Ti-6Al-4V)
material due to melting. This resulted in phases such as TiO2 and α-TCP with almost no retention
of HA on the surface. Hence, to retain cetain amount of the precursor (HA) material, the laser
parameters are adjusted to operate with varying laser pulse frequency and laser pulse width (1
ms) to obtain the textured coating. Also, it was to our interest to see how a variation in laser
pulse frequency, affects the texture morphology and thereby its wetting, in vitro bioactivity, and
in vitro biocompatibility. Finally, in this current work, apart from X-ray diffraction, the SBF
immersed samples are also characterized using FTIR and XPS for elemental and phase
composition analysis of the precipitates.

4.3.1 Microstructure, morphology, and phase analysis
The low-magnification optical microscopic images (Figure 4.17) [71] of the surfaces of laser
textured samples clearly demonstrate the effect of varying laser pulse frequency on the texture
evolution. From equation 3.1 it can be observed that with increasing laser pulse frequency the
laser spot overlap increases. This in turn results in more crater overlap with increasing pulse
frequency and thereby contributes towards surfaces with varying textured morphology as
observed in Figure 4.17 [71]. The cross-sectional SEM image (Figure 4.18a) [71] of the sample
processed at 40 Hz is clearly an indicative of the sound metallurgical bonding between the
coating and substrate (Ti-6Al-4V). A sound bonding of the bioceramic coating to the substrate
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Figure 4.17 Low-magnification optical microscopic images of the surface of coatings processed at
laser pulse frequencies of (a) 10 Hz, (b) 20 Hz, (c) 30Hz, and (d) 40 Hz [71].
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material is expected to reduce the delamination of the ceramic layer and thereby avoid the risk of
dissolving metallic ions into the body plasma and problem of osteolysis.
The variable thermodynamic conditions resulting from the varying pulse frequency
within the range employed in the present work only influenced the texture evolution and no
detectable variation in the evolution of types of phases (Figure 4.18b) [71] is observed. The
major phases identified within the detectable limits of the XRD instrument are HA
(Ca10(PO4)6(OH)2), CaTiO3, TiO2 (Rutile and Anatase), Ca3(PO4)2, and Al2O3. Although, there is
no major variation in the types of phases evolved, the variation in peak intensities is clearly an
indication of the variation in amounts of these phases with increasing pulse frequency. As the
pulse frequency was increased from 10 to 40 Hz there is a decrease in peak intensities of
Ca10(PO4)6(OH)2 and CaTiO3 phases along (3 0 0) and (1 2 3) planes, respectively (Figure 4.18b)
[71]. On the contrary, with increasing pulse frequency there is an increase in peak intensities of
the TiO2 (Rutile) and TiO2 (Anatase) phases along (0 0 2) and (1 0 5) planes, respectively. The
above observations can be attributed to the fact that with increase in laser pulse frequency from
10 to 40 Hz, there was an increase in the laser input energy density. Such increased input energy
was likely to raise the temperature of laser material interaction zone to the level leading to the
substantial amount of coating precursor material evaporation followed by oxidation of the
substrate material for formation of more amount of TiO 2 and Al2O3. Although the identical
phases are present in the coatings of all laser processed samples, as stated in the following
sections, during SBF immersion these samples with varying surface topographic cues
demonstrated varying wetting response and significant hydrophilicity with SBF compared to
uncoated Ti-6Al-4V.
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4.3.2 Effects of phase and morphology on wettability
The effect of laser pulse frequency (within the range employed in the present study) on three
dimensional surface morphology of the coatings recorded using a confocal laser microscopy is
presented in Figure 4.19a [71]. The sample processed at 10 Hz possesses a relatively rough
morphology compared to the samples processed at 20, 30, and 40 Hz. As described earlier, due
to only 6% overlap associated with 10 Hz frequency, the craters produced were least affected by
the subsequent pulses. On the contrary, the frequencies of 20, 30, and 40 Hz provided
substantially increased overlap of 53%, 69%, and 76% respectively. This increased spot overlap
resulted in re-melting of the major portion of prior crater leading to smoothening of the coating.
The values of σA, λ, and their ratio σA/λ were obtained from 5 random locations on each sample
and are presented as mean values with related scatter in Table 4.2 [71]. All laser processed
samples are associated with a significantly smaller value of σ A/λ compared to the control
(untreated Ti-6Al-4V). Also for all laser processed samples, with an increase in pulse frequency
(in the range employed in the present study) there is a decrease in the σ A/λ value. This further
agrees with earlier visual observations that an increasing surface smoothening creeps in with
increasing pulse frequency.
It has been well established that wetting of a surface by liquid is significantly affected by
its surface roughness [70, 83]. The chart in Figure 4.19 b [71] provides the experimental contact
angle subtended by the SBF drop on laser processed sample and the control Ti-6Al-4V. All laser
processed samples except the sample processed at 10Hz depict an improved hydrophilic behavior
compared to the control Ti-6Al-4V. Among the laser processed samples, the sample processed at
40 Hz possesses the maximum hydrophilicity to SBF with a contact angle of approximately 40°.
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Figure 4.18(a) Cross-sectional SEM images of the sample processed at 40 Hz and (b) XRD pattern
for the laser processed samples at varying pulse frequencies [71].
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The shadow image of SBF droplet (Figure 4.19b) [71] also shows the spreading of the SBF drop
on the samples processed at 40Hz. Thus, there is a decrease in the experimental contact angle
with decreasing texture parameter (σA/λ) (Table 4.2 and Figure 4.19b) [71]. This improved
hydrophilic behavior of laser processed samples is attributed to the influence of surface texture
and the types of phases (HA, CaTiO3, Ca3(PO4)2, TiO2 (Anatase), and TiO2 (Rutile)) evolved
during laser processing. From equations 4.1 and 4.2 based on the model by Zhou and De
Hosson, optical microscopy observations (Figure 4.17a) [71], and confocal microscopy images
(Figure 4.19a) [71] it is clearly evident that a laser pulse frequency of 10 Hz and associated
minimal spot overlap produced a deep and circular groove morphology on the surface. This in
turn resulted in a higher σA/λ value, leading to unstability in wetting and increased contact angle
as per Equation 4.2. However, when the pulse frequency increased to 20, 30, and 40 Hz there
was increased remelting due to increased spot overlap which in turn resulted in a relatively
smoothly textured surface with lower σ A/λ values. Therefore, the samples processed at these
higher pulse frequencies are dominated by radial grooves that lead to improved wettability. As
stated earlier, wetting is an important phenomenon which influences the mineralization, cell
attachment, and cell proliferation. In light of this, the above preliminary efforts and
corresponding understanding are further used to see how the texture parameter and associated
wettability affect in vitro bioactivity and in vitro biocompatibility.
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Figure 4.19 (a) The 3-dimensional confocal microscopic images of surface of the coatings and
(b) contact angle variation and their corresponding shadow images of the SBF droplet on laser
processed sample and control (untreated Ti-6Al-4V) [71].
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Table 4.2 Experimentally measured physical parameters related to surface texture [71].
Sample

Frequency
(Hz)

Wavelength
λ (μm)

----

Standard deviation
of amplitude σA
(µm)
12.56 ± 0.17

2.79 ± 0.08

Texture
parameter
σA/λ
4.38 ± 0.04

Bare Ti-6Al-4V
Ti-6Al-4V/Ca-P

10

23.05 ± 0.023

0.9 ± 0.016

0.05655 ± 0.016

Ti-6Al-4V/Ca-P

20

19.41 ± 0.014

0.6 ± 0.104

0.0385 ± 0.0101

Ti-6Al-4V/Ca-P

30

15.4 ± 0.0123

0.4 ± 0.1095

0.03235 ± 0.026

Ti-6Al-4V/Ca-P

40

11.31 ± 0.018

0.2 ± 0.0125

0.025655 ± 0.016

4.3.3 In vitro bioactivity and mineralization
The laser textured surfaces demonstrated the precipitation of a whisker-like apatite phase (Figure
4.20) [71] soon after 24 hours of immersion in SBF. This improved mineralization compared to
that in the samples treated earlier with variation in scanning speed might be attributed to the
presence of HA phase on the surface of the coating. The whisker like morphology may be due to
heterogeneous nucleation of the hexagonal close packed (HCP) apatite crystal (on the substrate
material) and subsequent growth of this HCP structure along the c-axis (perpendicular to the
close packed atomic plane) by the adsorption of Ca2+ and PO43- ions from the super-saturated
SBF solution. For longer immersion times this equilibrium morphology (whisker like apatite
phase) due to its surface energy and modified Ca2+ and PO43- concentrations within the
surrounding SBF solution in turn control the further nucleation process and there by the change
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in morphology of the newly precipitated apatite crystals. Irrespective of the laser processing
conditions (varying σA/λ value) a transition from whisker-like apatite phase to refined submicron
size HA with increasing immersion time are observed in all samples. To better understand the
structural change in the apatite phase with increasing immersion time, XRD studies were carried
out on the SBF immersed samples and the crystallite size (S) in a direction perpendicular to the
surface of the specimen were measured from a highly resolved apatite peak using the Scherrer
equation:
S=

0.9 x
……………………………………………………………………………………...4.5
B cos 

Where, λx is the wavelength of the X-ray source (1.54 A), θ is the half of the reported peak
centroid and B is the broadening or the full width half maxima (FWHM) of the reported peak.
XRD studies of all laser textured samples following immersion in SBF for different time
periods, indicated the presence of an apatite phase as evident from the characteristic HA peaks at
2θ ~22.0° and 31.75° corresponding to the planes (2 0 0) and (2 1 1) respectively (Figure 4.21)
[71]. All samples (irrespective of the processing parameters and varying σ A/λ value) following
24 hours of immersion in SBF, demonstrated intense peaks at 2θ ~22.0° and 31.75° that are
attributed to the apatite phase. However, with increased immersion time these apatite peaks are
either broadened with a reduction or sharpened with an increase in intensity. To precisely
understand this phenomenon and thereby its influence on the crystallite size the highly resolved
apatite peak corresponding to the plane (2 1 1) at 2θ ~31.75° was used for calculations in
Equation 4.5. Figure 4.22a [71] shows the variation in apatite crystallite size with increasing SBF
immersion time for all laser textured samples. All laser textured samples except the sample
processed at 10 Hz experience decrease in the apatite crystallite size with increasing SBF immer97

Figure 4.20 SEM micrographs of laser processed samples following immersion in SBF for
different time periods. Scale bar in the figure is equivalent to 10 µm [71].
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sion time (Figure 4.22a) [71]. For the sample processed at 40 Hz, precipitated apatite crystallites
were the smallest and the average crystallite size was approximately 1.02 nm during the first 72
hours of SBF immersion time, and decreased to 0.6795 nm as the immersion time is increased to
120 hours and 168 hours. The precipitation of such submicron size crystallites may be due to
increased heterogeneous nucleation sites of the ionic species (Ca2+ and PO43- ions from the SBF)
on the substrate material owing to its improved wettability. This in turn may have resulted in
reduction of Ca2+ and PO43- ions concentration in the SBF leading to the growth arrest of HCP
habit plane. On the contrary, the reduced hydrophilic nature of 10 Hz sample may have resulted
in the less number of heterogeneous nucleation sites and hence the availability of more Ca 2+ and
PO43- ions from SBF to nucleate on to the apatite crystal.
It is well known that as the apatite nucleation takes place under in vitro conditions, it
modifies the initial surface layer and this in turn can control the subsequent precipitation. Hence,
as a matter of interest we studied the mineralization behavior in terms of weight change with
increasing SBF immersion time. The logarithmic weight increase with increasing SBF
immersion time for all the laser processed samples is presented in Figure 4.22b [71]. As
observed in the present study, the mineralization on the control (untreated Ti-6Al-4V) was not of
detectable amount, hence its mineralization behavior with increasing SBF immersion time is not
included. The mineralization increased with increasing SBF immersion time and followed the
same trend for all laser textured samples with varying σA/λ values. Also, with an increase in
pulse frequency (decrease in σA/λ value) there is an increase in HA precipitation for each SBF
immersion time and the sample processed at 40 Hz (smaller σ A/λ value) experienced the
maximum weight change. This improved mineralization on laser processed samples is attributed
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Figure 4.21 XRD spectra of pulsed laser textured samples following immersion in SBF for
various immersion periods [71].
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to improved wettability (Figure 4.19b) [71] as a result of the appropriate surface textures
(smaller σA/λ value, Table 4.2 [71]) and the types of phases (HA, CaTiO3, Ca3(PO4)2, TiO2
(Anatase), and TiO2 (Rutile), Figure 4.18b) [71] evolved during laser processing. Also, as
described earlier, among all laser processed samples the precipitates formed on the sample
processed at 40 Hz were the smallest for all immersion times (Figure 4.22a) [71]. The presence
of such smaller crystallites provides increased surface energy for increased nucleation of HA on
the surface of sample and thereby improves its mineralization under in vitro conditions.
Further, within the range of processing parameters employed in the current work, it can
be concluded that by increasing the laser scan speed and laser pulse frequency there is always an
improvement in biomineralization (Figure 4.16 and Figure 4.22b). Also, not much difference in
weight change was observed by varying these two laser processing parameters. However, an
improvement in wettability and thereby improved biomineralization was achieved by laser
surface engineering. Comparing the XRD results for the SBF immersed samples (Figure 4.9-4.12
and Figure 4.21) it can be observed that for the sample processed at varying laser pulse
frequency, the presence of apatite peaks corresponding to the (2 0 0) and (2 1 1) planes are
evident soon after 24 hours of immersion. In contrast, for the samples processed at varying laser
scan speed, the apatite peaks corresponding to only the (2 1 1) plane was evident after 24 hours
of immersion. However, at higher laser scan speed (102 cm/min) with an improvement in
wettability, the presence of extra apatite peaks corresponding to (2 0 0) and (1 1 1) planes were
evident soon after 48 hours of immersion. The better mineralization behavior of the samples
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processed at varying laser pulse frequency can be attributed to the retainment of HA precursor
(Figure 4.18b) following laser processing.
The XRD results (Figure 4.21) [71] obtained above are further confirmed for the HA
precipitation using FTIR and XPS studies. The FTIR absorbance spectra of the mineralized
samples following immersion in SBF for different time periods are represented in Figure 4.23.
The spectrum after each immersion period for all the laser processing conditions (Figure 4.23a,
4.23b, 4.23c and 4.23d) confirmed all functional groups associated with HA and carbonated HA
such as OH-, PO43- and CO32-. It is known that carbonate ions occupy two different sites in the
carbonated apatite: peaks in the region of 1650 to 1300 cm-1 are due to v3 vibrational mode
carbonate ion and the peak at 873 cm-1 is due to v2 vibrational mode. These carbonate bands in
the region of 1650–1300 cm-1 are assigned to the surface carbonate ions rather than to the
carbonate ions in the lattice of phosphate ions. Further, as the samples processed at 40 Hz had
the highest mineralization behavior, the surfaces became extremely rough with deposits, and
hence a lot of noise was recorded (Figure 4.23d) while collecting the FTIR data in the reflectance
mode. This also further gave an indication of the improved mineralization behavior for the
samples processed at 40Hz.
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Figure 4.22 Mineralization of laser textured samples in terms of (a) variation in apatite crystallite
size with SBF immersion time and (b) logarithmic weight change with SBF immersion time [71].
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Semi-quantitative elemental analysis of the laser textured coated samples prior to and
after immersion in SBF was obtained using an XPS and is presented in Figure 4.24. It can be
observed that within the processing parameters used in the current work, the laser processed
samples prior to immersion in SBF demonstrated the presence of Ti2s, Ti2p3, Ca2s, Ca2p3, O1s
and C1s level peaks. This further confirmed with earlier XRD observations (Figure 4.18b)
indicating the presence of oxide phases such as CaTiO3 and TiO2 within the coating and at the
surface region. However, following immersion in SBF, it can be observed that there is a strong
presence of additional peaks such as MgKLL, P2s and P2p. The presence of the above additional
peaks following immersion in SBF, was attributed to the precipitation of the mineralized apatite
layer as a result of the reaction between the surface of the coatings and surrounding
supersaturated SBF solution.
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Figure 4.23 FTIR spectra of laser processed samples following immersion in SBF for different
time periods.
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Figure 4.24 XPS spectra of laser processed samples following immersion in SBF for different
time periods.
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The semi-quantitative results in terms of the atomic concentrations of Ca and P, and their
ratio (Ca/P) were calculated and tabulated in Table 4.3. It can be observed that prior to
immersion in SBF the Ca/P atomic ratio was in the range of 3 to 11. In contrast, following
immersion in SBF the Ca/P atomic ratio was in the range of 1.4 to 1.8 which is very close to the
Ca/P atomic ratio of stoichiometric HA (~ 1.67). This rapid decrease in Ca/P ratio to a ratio close
to that of HA might be attributed to the nucleation of PO 43- and CO32- ions on the surface of the
samples and thereby resulting in the precipitation of HA phase. Further, the presence of such
nucleation on the surface of the textured coated samples can be thought of made possible owing
to the presence of appropriate phases and surface textures following laser surface engineering.
Hence, from the above XPS and FTIR results it can further be confirmed once again that the
mineralized precipitates on the surface of the samples were of HA composition. Therefore using
the pulsed Nd:YAG laser based texturing technique surfaces with improved in vitro bioactivity
were achieved.
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Table 4.3 Elemental composition and semi-quantitative analysis of Ca and P in terms of atomic
concentration for the pulsed laser processed samples.
Sample SBF
immersion
time in hours

Elements
present

Ca atomic
P atomic
Ca/P atomic
concentration concentration ratio
(at %)
(at %)

10 Hz

0

O, C, Ti, Ca, P

20.4

1.8

11.3

24

O, C, Ca, P,
Mg
O, C, Ca, P,
Mg
O, C, Ca, P,
Mg
O, C, Ca, P,
Mg
O, C, Ti, Ca, P
O, C, Ca, P,
Mg
O, C, Ca, P,
Mg
O, C, Ca, P,
Mg
O, C, Ca, P,
Mg
O, C, Ca, P,
O, C, Ca, P,
Mg
O, C, Ca, P
O, C, Ca, P,
Mg
O, C, Ca, P,
Mg
O, C, Ti, Ca
O, C, Ca, P,
Mg
O, C, Ca, P,
Mg
O, C, Ca, P,
Mg
O, C, Ca, P,
Mg

6.1

3.7

1.65

10.3

6.7

1.54

3.6

2.4

1.5

7.8

4.2

1.85

7.9
8.4

1.1
5.6

7.2
1.5

14.2

9.5

1.49

5.5

3.0

1.83

2.7

1.5

1.8

9.2
1.6

2.1
0.9

4.4
1.77

1.0
1.5

0.7
0.9

1.43
1.66

1.4

0.8

1.75

3.6
4.5

1.2
2.5

3
1.8

3.2

1.8

1.77

3.8

2.1

1.81

3.1

1.9

1.63

72
120
168
20 Hz

0
24
72
120
168

30 Hz

0
24
72
120
168

40 Hz

0
24
72
120
168
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4.3.4 In vitro biocompatibility
The surface mineralization kinetics and the in vitro bioactivity of the laser processed samples are
further correlated to its biocompatibility by the culture of mouse MC3T3-E1 osteoblast-like
cells. Cell morphology on laser processed and control (untreated Ti-6Al-4V) samples after 7 day
culture of MC3T3-E1 osteoblast-like cells was assessed by SEM and the results are presented in
Figure 4.25 [71]. Surfaces of all laser processed samples (Figures 4.25a, 4.25b, 4.25c, and 4.25d)
[71] and the control (untreated Ti-6Al-4V, Figure 4.25e) [71] were confluent with the MC3T3E1 osteoblast-like cells after 7 day of culture period. However, for the control (untreated Ti-6Al4V) and samples processed at 10, 20, and 30 Hz most of the osteoblast-like cells appeared to debond from the surface of the coatings. In contrast, the osteoblast-like cells appeared to be
flattened, spread out uniformly, and strongly adhered with an elliptical and circular morphology
on the sample processed at 40 Hz.
The proliferation of the osteoblast-like cells after 1 day and 7 day of culture on the laser
processed and control (untreated Ti-6Al-4V) samples were studied qualitatively using a
fluorescence microscope (Figure 4.26) [71]. After 1 day of culture there are very few cells in the
image fields of all laser processed samples and the control (untreated Ti-6Al-4V). The MC3T3E1 osteoblast-like cells have a triangular morphology with the lamellipodia trying to extend
along the surface of sample. In contrast, after 7 days of culture, the osteoblast-like cells are
confluent over the entire surfaces of all samples and exhibit either elliptical or polygonal like
morphology. Especially, for the sample processed at 40 Hz, the osteoblast-like cells are more
confluent with well stressed actin filaments and are very much comparable to the control
(untreated Ti-6Al-4V).
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Figure 4.25 Morphology of MC3T3-E1 osteoblast-like cells after 7 day culture on the samples
processed at laser pulse frequency of (a) 10 Hz, (b) 20 Hz, (c) 30 Hz, (d) 40 Hz and (e) control
(untreated Ti-6Al-4V). Arrows in the inset of Figure 9 (a), (b), (c), and (e) indicate the debonding or lack of proper adhesion of the MC3T3-E1 osteoblast-like cells on the substrate
material [71].
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The focal adhesion area, cellular extensions and cytoskeleton architecture of the MC3T3E1 osteoblast-like cells are studied for its bone forming ability on the laser processed samples
and control (untreated Ti-6Al-4V). The cytoskeletal organization of the MC3T3-E1 osteoblastlike cells on the control (untreated Ti-6Al-4V) and laser processed samples after 7 days culture
are presented in Figure 4.27a [71]. All the samples indicate stressed actin filaments with well
developed network of focal adhesion contacts. Also it can be qualitatively observed that for the
sample processed at 40 Hz, the foot print area or the cell spreading is relatively more compared
to the rest of laser processed samples and control (untreated Ti-6Al-4V). The cell shape index (Ø
=

4A
) after 7 days culture of MC3T3-E1 osteoblast-like cells, calculated using the cell
p2

spreading area (A) and the perimeter (p) of the cell, provided a higher value for the sample
processed at 40 Hz (Figure 4.27b) [71] as compared to the control (untreated Ti-6Al-4V) and the
sample processed at 10, 20, and 30 Hz. This, therefore, indicated the uniform spreading and
circularity of the osteoblast-like cells on the sample processed at 40 Hz. The above results
therefore clearly indicated the improved osteoblast-substrate anchorage with an improvement in
wettability following laser surface engineering of the Ti-6Al-4V substrate.
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Figure 4.26 Fluorescence microscopic images showing the proliferation of the MC3T3-E1
osteoblast-like cells after 1 day and 7 day of culture on the laser processed and control (untreated
Ti-6Al-4V) [71].
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Figure 4.27(a) Cytoskeleton assessment of the MC3T3-E1 osteoblast-like cells after 7day culture
on the laser processed samples and the control (untreated Ti-6Al-4V) and (b) Cell shape index
and cell area as a function of the samples processing conditions.
processed group is significantly higher than the control [71].
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denotes the laser processed

Although all laser processed samples (10 Hz, 20 Hz, 30 Hz, and 40 Hz) produced the
same types of phases (HA, CaTiO3, Ca2(PO4)2, TiO2 (Rutile), and TiO2 (Anatase)) and physical
textures with smaller values of σA/λ on the surface for substantially improved wettability
compared to the control (untreated Ti-6Al-4V), only the sample processed at 40 Hz demonstrated
reasonably improved biocompatibility in terms of cell morphology, cell proliferation, and cell
shape index compared to the control. Thus these observations indicate that in general, the
processing approach holds a promise in producing the attributes (surface composition and
surface texture) suitable for improved biocompatibility.
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Chapter 5
Continuous Wave Laser Induced Ca-P Textured Coating
on Ti-6Al-4V
5.1 Introduction
Line patterned textured surfaces of Ca-P based phases were synthesized on Ti-6Al-4V using a
CW Nd:YAG laser. Unlike the pulsed laser operation, the laser fluences used here to synthesize
the textured coatings were extremely low (137 J cm-2 and 191 J cm-2). Hence, loss of precursor
due to evaporation and violent mixing in the melt pool (due to melting of both precursor and
substrate) is expected to be minimized. Further, as the patterns obtained here had a line
morphology unlike the dotted morphology obtained with pulsed Nd:YAG laser, their influence
on wettability, in vitro bioactivity, and in vitro biocompatibility became a subject of interest.

5.2 Morphological, microstructure, phase and elemental
analysis of coatings
As discussed earlier in Chapter 3, here the textured coatings are synthesized by directly melting
both the precursor (HA) and substrate (Ti-6Al-4V) material using a laser energy source (CW
laser) capable of delivering a constant energy with time. The surface physical textures in the
current work are achieved by varying the lateral track overlap, and a lateral spacing of 100 µm
and 200 µm are chosen in the current work so as to mimic the length scale of the three
dimensional ECM present in human bone. Because of the CW mode operation and lateral over
scanning technique, the thermo-physical interaction resulting in the microstructure, phase
evolution and surface physical texture are going to be completely different from that obtained
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using a pulsed laser melting. Hence the characterization of the above features prior to other
studies is an essential part of the work. Low magnification SEM (Figure 5.1) [72] of the surface
of the coatings clearly shows the effect of laser track overlap on the surface morphology. By
varying the laser track overlap in the lateral direction two different periodic line patterns with
100 µm (Figures 5.1a and 5.1b) [72] and 200 µm (Figures 5.1c and 5.1d) [72] line spacings are
obtained at two different laser energy inputs (J/cm2). Since cells are sensitive to micron scale
features such micro-textured topography is expected to provide an instructive background to
guide their behavior towards tissue growth [111-114].The cross-sectional SEM image (Figure
5.2a) [72] of the sample processed at 137 J/cm2 and 100 µm line spacing also clearly
demonstrates the textured topography due to the lateral laser beam track overlap. This textured
topography can induce a mechanical stimulation on the surrounding bone during the early days
of implantation and help in quick fixation. This mechanical stimulation is attributed to the
improved shear strength at the interface and mechanical interlocking when bone grows into the
textured morphology [115]. A higher magnification SEM image (Figure 5.2b) [72] of the
interface between the coating and substrate is clearly an indicative of the sound metallurgical
bonding between the coating and the substrate (Ti-6Al-4V). A sound bonding of bioceramic
coating to the substrate material is expected to reduce the delamination of ceramic layer and
thereby avoid complications associated with osteolysis. The microstructural evolution within the
coating (Figure 5.2c) clearly shows the presence of HA phase infiltrated in the matrix of Ti. The
Ca/P atomic ratio of ~ 1.64 as obtained from the EDS spectra (presented as inset in Figure 5.2c)
also further confirms the near HA composition. Due to the inherent rapid cooling the laser treat-
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Figure 5.1 Low magnification SEM images of the surface of coatings processed at (a) 137 J/cm2,
100 µm line spacing, (b) 191 J/cm2, 100 µm line spacing, (c) 137 J/cm2, 200 µm line spacing,
and (d), 191 J/cm2, 200 µm line spacing [72].
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ment has produced acicular α-Ti in the melt region. Under the set of laser parameters employed
in the present study the HA based precursor and a part of the substrate Ti-6Al-4V has undergone
rapid melting and mixing in the melt pool thereby forcing the infiltration of precursor (HA) into
the molten volume of the substrate.
Unlike our previous studies [70, 97, 106] where there was no retainment of precursor
(HA phase) following laser processing, in the present work the presence of such a phase after
laser processing was clearly evident from the XRD pattern (Figure 5.3a) [72]. Under a varying
combination of laser fluence and track overlap used in the present study it can be observed from
the composite of the XRD patterns (Figure 5.3a) that there is no major change in the types of
phases evolved and HA, CaTiO3, Ca3(PO4)2, TiO2 (Anatase), TiO2 (Rutile), and Ti are the major
phases present within the coatings. However, from the variation in peak intensities, it can be
realized that, although there is no change in the phase constituents, a variation in the amount of
these phases with varying laser processing parameters exists. With an increase in laser fluence
from 137 J/cm2 to 191 J/cm2, there is an increase in intensity of the Ti and the Al2O3 phase along
the (1 0 1) and (1 1 0) planes respectively. The intense presence of the above phases (Ti and
Al2O3) at higher laser fluence of 191 J/cm2 (used in the present study) can be attributed to the
fact that at these laser processing conditions a substantial amount of the substrate (Ti-6Al-4V)
material undergoes rapid melting and as a result float on the surface of the melt pool. Also, as the
processing is carried out in an ambient atmosphere using argon as the cover gas a certain amount
of oxidation of the melt pool constituents is expected to take place leading to precipitation of a
small amount of Al2O3 at the surface. With an increase in laser fluence there is also an increase
in the cooling rate [116, 117], and hence the constituents present in the melt pool are expected to
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Figure 5.2 Cross-sectional SEM images of the sample processed at 137 J/cm2 and 100 µm line
spacing: (a) revealing the textured coating (b) revealing the sound metallurgical bonding at the
interface and (c) A higher magnification of the coating and the inset showing the EDS pattern
from the white precipitates [72].
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be retained without vaporization and precipitation Ti on the surface of the coating. The EDS
spectra (Figure 5.3b) from a random location on the surface of the coating indicated the strong
presence of Ca, P, Ti, Al, V, and O peaks. From the composite of EDS spectra (Figure 5.3b), it
can be observed that there is an increase in intensity of the Ti and V peaks for the sample
processed at 191 J/cm2. This further complements with our earlier observations from the XRD
studies proving the fact that a certain amount of dilution has taken place owing to the partial
melting of the substrate material.

5.3 Effects of surface roughness on wettability
The effect of laser track overlap on the 3-dimensional surface morphology of the coatings
obtained using a confocal microscope is shown in Figure 5.4 [72]. Irrespective of the laser
fluence, the samples processed at 100 µm line spacing (Figure 5.4a and 5.4b) have a smoother
surface finish as compared to the samples processed at 200 µm spacing (Figure 5.4c and 5.4d).
The quantitative variation in surface roughness owing to varying combination of laser fluence
and line spacing (track overlap) was also evaluated using a confocal laser microscopy. The
samples processed for 100 µm line spacing (irrespective of the laser fluence) have significantly
lower values of Ra, Rz, and Rmax compared to the samples processed for 200 µm line spacing
(Figure 5.5) [72]. With reduced track overlap or line spacing there is an increase in the spot
overlap (spot diameter ~ 400 µm) in the lateral direction leading to remelting of a predominant
amount of the previously melted layer. This remelting of the ceramic layer in turn smoothens the
surface of coating. Further, to correlate the effects of surface roughness on wettability, two
additional surface roughness parameters, standard deviation of amplitude ( σA) and periodicity (λ)
are defined earlier in section 2.2. Their ratio (σ A/λ) is taken as a measure of surface texture. As
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Figure 5.3(a) XRD pattern and (b) corresponding EDS spectra for the laser processed samples
[72].
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discussed earlier, the values of σA and λ were taken from 5 random locations on each sample and
are presented as mean values with related scatter in Table 5.1 [72]. The corresponding mean
values of σA/λ and its related scatter as a measure of surface texture are also included in Table
5.1 [72]. It can be observed that the laser processed samples have a significantly smaller value of
σA/λ as compared to the control (untreated Ti-6Al-4V). Further, within the laser processing
parameters employed in the present study, the samples processed at 100 µm line spacing have a
notably smaller value of σA/λ as compared to the samples processed at 200 µm line spacing. This
further complements to our results from the roughness parameters R a, Rz and Rmax (Figure 5.5)
[72].

Figure 5.4 The 3-dimensional confocal microscopic images of surface of the coatings processed
at (a) 137 J/cm2, 100 µm line spacing (b) 191 J/cm2, 100 µm line spacing (c) 137 J/cm2, 200 µm
line spacing and (d) 191 J/cm2, 200 µm line spacing [72].
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Figure 5.5 Variation in surface roughness parameters as a function of laser processing conditions
[72].

Table 5.1 Experimental results of contact angles of test liquids, texture parameter (  A /λ),

surface energy components and surface energy as function of sample processing conditions [72].

Samples
processing  A (µm)
conditions

λ (µm)

 A /λ

Ti-6Al-4V
control
2
137 J/cm ,
0.1mm
2
137 J/cm ,
0.2mm
2
191 J/cm ,
0.1mm
2
191 J/cm ,
0.2mm

2.79
±0.08
150.6
±0.44
401.4
±0.92
133.3
±0.44
397.5
±0.85

4.38
±0.04
0.0171
±0.0001
0.0203
±0.0002
0.0189
±0.0002
0.0223
±0.0001

12.56
±0.37
3.024
±0.114
7.926
±0.081
2.528
±0.033
8.858
±0.025

Contact angle
distilled
formamide
water

dioiodomethane

82.6
±0.08
53.7
±0.16
71.8
±0.11
62.4
±0.05
73.4
±0.15

53
±0.04
29.4
±0.08
39.3
±0.07
31.6
±0.08
39.9
±0.09

57.4
±0.06
31.9
±0.10
35.9
±0.12
32.4
±0.06
37.9
±0.12
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 s LW

 s AB

s

29.87
±0.004
43.97
±0.002
39.81
±0.018
44.80
±0.008
40.11
±0.003

4.27
±0.03
8.08
±0.02
6.43
±0.04
7.01
±0.02
5.65
±0.05

34.19
±0.04
52.05
±0.03
46.25
±0.04
51.82
±0.01
45.77
±0.04

From our earlier work [70] and the work by Zhou and De Hosson [83], it was clear that
the texture parameter (σA/λ) significantly affects the wetting behavior of a liquid. Table 5.1 [72]
lists the experimental contact angles subtended by three different liquids (water, formamide, and
dioiodomethane) on each of these surfaces. With a decrease in σA/λ value there is a decrease in
the experimental contact angles for three test liquids (Table 5.1) [72]. Further, all the laser
processed samples have a significantly smaller value of experimental contact angle (for the three
testing liquids) compared to the control (Ti-6Al-4V). This improved hydrophilic behavior for the
laser processed samples is attributed to the influence of surface texture and the same phases (HA,
CaTiO3, Ca3(PO4)2, TiO2 (Anatase), TiO2 (Rutile), and Ti) evolved during laser processing. Also
within the laser processing parameters employed in the present study, the samples processed at
100 µm line spacing have a significantly smaller value of experimental contact angle (for the
three testing liquids) compared to the samples processed at 200 µm line spacing. The improved
wetting behavior for the laser processed samples, and the correlation between texture parameter
(σA/λ) and experimental contact angles can be explained as follows. Based on SEM (Figure 5.1)
and confocal microscopic (Figure 5.4) images along with smaller σA/λ value (Table 5.1) [72], the
textures generated in the present study are confirmed to be of radial groove type [70, 83]. Hence,
when a liquid drop is placed on such a surface (smaller σ A/λ value), it can easily overcome the
energy barriers associated with it and completely wet it. Thus, an equilibrium state of wetting is
achieved when the grooves are radial. Further it can also be conditioned that as the σ A/λ value
increases there is an increase in the contact angle and vice versa thereby further confirming our
results (Table 5.1) [72].
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The surface energy calculations obtained using Equations 3.3-3.5 further showed
compatibility with our previous observations on surface roughness (R a, Rz and Rmax), texture
parameter (σA/λ), and contact angle. Accordingly, the laser processed samples have a higher
surface energy value (~45.77 mJ/m2 – 52.05 mJ/m2) compared to the Ti-6Al-4V control (~34.19
mJ/m2). This increase in the surface energy (  s ) for laser processed samples is mostly
contributed from the higher value of the Lifshitz-Vander Waals surface energy ( SLW ) component
compared to the Lewis acid-base surface energy ( SAB ) component (Table 5.1) [72]. Further
within the laser processed samples, the samples processed at 100 µm line spacing (having lower
value of Ra, Rz, Rmax, and σA/λ and being hydrophilic) have higher  SLW ,  SAB , and  s (mJ/m2)
compared to the samples processed at 200 µm line spacing. This, therefore, clearly demonstrates
the effect of laser processing in producing controlled topographic cues with appropriate surface
chemistry, which in turn significantly increased the values of the surface energy components and
thereby the value of  S .
The contact angle measurements for SBF and cell culture media can provide an
understanding of the effect of surface energy on their wetting behavior and thereby their
bioactivity (following immersion in SBF) and cell viability. Table 5.2 [72] presents the contact
angles and corresponding light optical images of the liquid droplet shadow on the laser processed
samples and the control (untreated Ti-6Al-4V). The results (Table 5.2) [72] demonstrated a more
hydrophilic behavior (improved wettability) for the laser processed samples compared to the
control (untreated Ti-6Al-4V). Also, as discussed earlier, within the laser processing parameters
employed in the present work, the samples with lower σ A/λ value and higher surface energy  s
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(100 µm line spaced) demonstrated more hydrophilic nature for both liquids (SBF and culture
media) compared to the samples with higher σ A/λ value and lower surface energy  s (200 µm
line spaced). This is attributed to the fact that when a liquid drop is placed on a surface with
higher surface energy, it tries to reduce its energy and come back to an equilibrium state by
interacting with the molecules present in the liquid drop and there by resulting in the spreading
and an improved wettability.

5.4 Bioactivity and mineralization kinetics
Within the detectable limits of the XRD instrument, compared to the laser surface treated
samples, no HA formation on control (untreated Ti-6Al-4V) is realized after 1 day immersion in
SBF. Hence, the XRD spectra corresponding to the control (untreated Ti-6Al-4V) are not
included in the present study. However, for all the laser processed samples following immersion
in SBF for each soaking period, the presence of an apatite phase is evident from the
characteristic HA peaks at 2θ ~ 21.82° and 31.75° corresponding to the planes (2 0 0) and (2 1 1)
respectively (Figures 5.6 - 5.9) [72]. For the samples processed at 100 µm line spacing (having
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Table 5.2 Contact angles and corresponding light optical images of the liquid droplet shadow on
the laser processed samples and on the control (untreated Ti-6Al-4V) [72].

Samples processing
conditions

Contact angle
Growth media
Simulated body fluid
(θ growth media)
(θ SBF)

Ti-6Al-4V control
(untreated)

79.2±1.84

62.5±0.85

137 J/cm2, 0.1mm

69.91±0.74

50.82±2.5

137 J/cm2, 0.2mm

74±1.2

59.46±1.2

191 J/cm2, 0.1mm

70.42±0.8

55.91±1.07

191 J/cm2, 0.2mm

78.58±1.21

60.16±0.7
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lower value of Ra, Rz , Rmax, and σA/λ and increased wettability) following 1 day immersion in
SBF, XRD spectra (Figures 5.6a and 5.7a) demonstrated a highly intense peak attributable to the
apatite phase at 2θ ~ 31.75° corresponding to the plane (2 1 1). In contrast, the intensity of this
peak is low for the samples processed at 200 µm line spacing (having lower value of R a, Rz ,
Rmax and σA/λ and increased wettability) (Figures 5.8 and 5.9) [72]. Also for the samples
processed at 100 µm line spacing after 3 and 5 days of immersion in SBF, the apatite peak (at 2θ
~ 31.75°) becomes broadened with a reduction in intensity (Figures 5.6b and 5.7b). This gives an
indication that there is a rapid transformation from a highly crystallized HA phase to a near
amorphous or fine crystallite sized HA phase. However, after 7 days immersion (Figure 5.6a and
5.7a) the characteristic apatite peak (at 2θ ~ 31.75°) again recrystallized. There is also an
additional peak at 2θ ~ 22.0° corresponding to the plane (2 0 0). Such a rapid transformation
from a highly crystallized HA phase (following 1 day immersion in SBF) to a near amorphous
HA phase (following 3 and 5 days of immersion in SBF) and again thereafter undergoing
recrystallization is not observed for the samples processed at 200 µm line spacing. Further
considering the XRD results of the pulsed laser processed samples (Figure 4.9-4.12, processed
with varying laser scan speed), it can be observed that there is an increase in intensity of the
characteristic apatite peaks with increasing SBF immersion time. Hence, these samples are not
associated with the rapid transformation to an amorphous apatite phase unlike the CW laser
processed samples. As far as the samples processed at varying laser pulse frequency is concerned
(Figure 4.21), not much difference in their mineralization kinetics are observed as compared to
the CW laser processed samples (Figure 5.6 – 5.9). The better mineralization of the pulsed laser
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processed samples (varying laser pulse frequency) and the CW laser processed samples might be
attributed to the retainment of the HA precursor within the coating following laser processing.

Figure 5.6(a) XRD spectra of the samples processed at 137 J/cm2, 100 µm line spacing and (b)
corresponding enlarged spectra (2θ ~ 30°-32°) following immersion in SBF[72].
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Figure 5.7(a) XRD spectra of the samples processed at 191 J/cm2, 100 µm line spacing and (b)
corresponding enlarged spectra (2θ ~ 30°-32°) following immersion in SBF [72].
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Figure 5.8 XRD spectra of the samples processed at 137 J/cm2, 200 µm line spacing following
immersion in SBF [72].

136

Figure 5.9 XRD spectra of the samples processed at 191 J/cm2, 200 µm line spacing following
immersion in SBF [72].
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From the XRD studies (Figures 5.6 - 5.9) [72] it is evident that both the samples
processed at 100 µm line spacing irrespective of the laser fluence used (137 and 191 J/cm2)
demonstrated the same superior mineralization kinetics compared to the samples processed at
200 µm line spacing following immersion in SBF. Hence, SEM analysis (Figure 5.10) [72] is
only done for the sample processed at 100 µm line spacing and 137 J/cm2 laser fluence. It can be
observed (Figure 5.10a) that after 1 day immersion in SBF, characteristic whisker-like apatite
crystals are nucleated on the surface of sample. As the immersion time is increased to 3 days the
whisker-like feature seems to have covered by another mixed layer of whisker-like and nano HA
crystals (Figure 5.10b). After 5 day immersion the layer is completely covered with nano
crystallites of HA (Figure 5.10c) and at the end of 7 days there is a thick mineralized layer of HA
on the surface of the sample (Figure 5.10d). These observations further demonstrated a strong
agreement with our XRD results (Figure 5.6 and 5.7) [72] obtained earlier. This rapid
modification and mineralization kinetics of HA on the surface of samples processed at 100 µm
line spacing (following immersion in SBF) is attributed to the higher surface energy and
increased hydrophilicity as a result of the of appropriate surface textures (lower σ A/ λ value) and
the same phases (HA, CaTiO3, Ca3(PO4)2, TiO2 (Anatase), TiO2 (Rutile) and Ti) evolved during
laser processing.
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Figure 5.10 SEM images of the sample processed at 137 J/cm2, 100 µm line spacing following
immersion in SBF for (a) 1 day (b) 3 days (c) 5 days and (d) 7 days [72].
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The precipitated HA phase observed using the XRD studies (Figure 5.6, Figure 5.7,
Figure 5.8, and Figure 5.9) [72] was also further confirmed using the FTIR analysis. The FTIR
absorbance spectra of the laser textured samples following immersion in SBF for different time
periods are presented in Figure 5.11. In the spectra, the band at 3570 cm-1 corresponds to the
vibration of the hydroxyl ion (OH-). The band at 667 cm-1 is the characteristic band of the
phosphate bending vibration, while the band at 990 cm-1 is attributed to the phosphate stretching
vibration. The band at 1630 cm-1 is indicative of the carbonate ion substitution. The analysis of
the above bands further confirmed that the spectra shown belong to HA. Further with increased
SBF immersion time, it can be observed that the phosphate band around 990 cm-1 demonstrated
an increased intensity. This further confirmed for the increased mineralization behavior of the
textured coatings with immersion times.
XPS analysis of the elements present on the surface of the samples following immersion
in SBF for different time periods are recorded and presented in Figure 5.12. It can be observed
that with increasing SBF immersion times there is an increase in the Ca2s, Ca2p3, P2s and P2p
peaks for all laser textured samples. This further confirms the precipitation and improved
mineralization of a Ca-P phase under in vitro conditions. To understand the composition of the
Ca-P phase, semi-quantitative Ca and P atomic concentration and its ratio (Ca/P) was measured
using area under the peak technique and tabulated in Table 5.3. It can be observed that all the
laser processed samples following immersion in SBF demonstrated a reduction in the Ca/P
atomic ratio and it was approximately in the range of 1.5 to 1.65, which is very close to the Ca/P
atomic ratio of stoichiometric HA. Hence, it is confirmed that the Ca-P phase precipitated on the
surface of the sample was that of HA.
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Figure 5.11 FTIR spectra of laser processed samples (a) 215W, 0.1 mm (b) 300W, 0.1 mm (c)
215W, 0.2 mm and (d) 300W, 0.2 mm following immersion in SBF for different time periods.
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(a)
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(b)
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(c)
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(d)

Figure 5.12 XPS spectra of laser processed samples (a) 215W, 0.1 mm (b) 300W, 0.1 mm (c)
215W, 0.2 mm and (d) 300W, 0.2 mm following immersion in SBF for different time periods.
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Table 5.3 Elemental composition and semi-quantitative analysis of Ca and P in terms of atomic
concentration for the CW laser processed samples.
Sample

SBF
immersion
time in hours

Elements
present

Ca atomic
P atomic
Ca/P
concentration concentration ratio
(%)
(%)

215W,
0.1 mm

0

O, C, Ca, P

8.7

3.9

2.23

24
72
120
168
0
24
72
120
168
0
24
72
120
168
0
24
72
120
168

O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ca, P
O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ca, P
O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ti, Ca, P
O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ca, P, Mg
O, C, Ca, P, Mg

10.2
15.3
18.0
15.3
3.1
15.4
14.5
15.8
14.1
7.7
16.9
16.6
17.5
15.0
11.5
16.7
12.2
15.9
8.5

6.7
10.0
11.0
10.0
1.2
10.0
9.5
10.5
9.0
2.0
11.0
12.0
12.4
10.2
3.0
11.0
7.4
10.6
5.3

1.52
1.53
1.63
1.53
2.58
1.54
1.53
1.50
1.57
3.85
1.54
1.4
1.41
1.47
3.83
1.52
1.65
1.5
1.60

300W,
0.1 mm

215W,
0.2 mm

300W,
0.2 mm
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5.5 In vitro biocompatibility
The textured coated samples are tested for its in vitro biocompatibility by the culture of mouse
MC3T3-E1 osteoblast-like cells and characterizing for its spreading, morphology and
cytoskeleton organization. Based on these findings, an understanding is drawn on the effect of
line spacing and appropriate phases on wettability and thereby its concomitant effect on
biocompatibility. Cell morphology for the laser processed and control (untreated Ti-6Al-4V)
samples after 1 day culture of MC3T3-E1 osteoblast-like cells was assessed by SEM and the
results are presented in Figure 5.13 [72]. The MC3T3-E1 osteoblast-like cells show a triangular
morphology (Figure 5.13a) on the control (untreated Ti-6Al-4V) samples and have a rectangular
and elongated morphology on the laser processed samples (Figure 5.13a, 5.13b, 5.13c, 5.13d,
and 5.13e). Their sound adhesion especially on the laser processed samples is characterized by
the lamellipodia trying to extend and adhere along the grooves. In contrast, no such adhesion is
observed on the control (untreated Ti-6Al-4V) sample. Also from the SEM images (Figure 5.13)
[72] it can be observed that the number of cells on the control (untreated Ti-6Al-4V) sample is
significantly less compared to the laser processed samples. Such a difference in cell spreading
and adherence on these samples is attributed to both the varying surface chemistry and surface
roughness as a result of laser processing. Further, the laser processed samples also provided the
appropriate length scale surface morphologies (micro textured surface patterns with 100 µm and
200 µm line spacing) for the cells to interact and spread on these surfaces.

148

Figure 5.13 Cell morphology of MC3T3-E1 osteoblast-like cells after culture for 1 day on (a)
control (untreated Ti-6Al-4V), and samples processed at (b) 137 J/cm2 , 100 µm line spacing, (c)
191 J/cm2, 100 µm line spacing, (d) 137 J/cm2, 200 µm line spacing, and (e) 191 J/cm2, 200 µm
line spacing [72].
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The fibril networks and spreading of the MC3T3-E1 osteoblast-like cells on the laser
textured samples and control (untreated Ti-6Al-4V) are studied from its cytoskeleton
organization. The cytoskeletal organization of the cells on the control (untreated Ti-6Al-4V) and
laser processed samples after 1 day culture are presented in Figure 5.14 [72]. The cells are more
confluent with well stressed actin filaments on the laser processed samples compared to the
control (untreated Ti-6Al-4V). The quantified area of the cells measured using the ImageJ
software indicated more spreading of the cell on the sample processed at 100 µm line spacing
compared to the control (untreated Ti-6Al-4V) and the sample processed at 200 µm line spacing
(Figure 5.15) [72]. This improved cytoskeletal organization and spreading of the cells on the 100
µm line spaced sample is attributed to the higher surface energy as a result of the appropriate
surface texture (lower σA/ λ value) and the same phases (HA, CaTiO3, Ca3(PO4)2, TiO2
(Anatase), TiO2 (Rutile) and Ti) evolved during laser processing. The number of viable cells on
the laser processed samples and control (untreated Ti-6Al-4V) was evaluated using WST-1 assay
after 1, 3 and 5 day of culture of the cells. For the three different time periods the number of
viable cells appeared to be more for the samples processed at 100 µm line spacing compared to
the control (untreated Ti-6Al-4V) and the sample processed at 200 µm line spacing (Figure 5.16)
[72]. The absorbance for the control (untreated Ti-6Al-4V) and the 200 µm line spaced samples
is comparable for the three different time periods. This improved behavior of the 100 µm line
spaced sample further complemented to all our results and observations made earlier.
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Figure 5.14 Fluorescent micrographs for cytoskeleton assessment of adherent MC3T3-E1 osteoblastlike cells after culture for 1 day on (a) control (untreated Ti-6Al-4V substrate) and samples processed
at (b) 137 J/cm2, 100 µm line spacing, (c) 191 J/cm2, 100 µm line spacing, (d) 137 J/cm2, 200 µm line
spacing, and (e) 191 J/cm2, 200 µm line spacing [72].
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Figure 5.15 Graphical representation of the cell spreading area as a function of sample
processing conditions.

denotes that the laser processed group is significantly higher than the

control Ti-6Al-4V (p < 0.05). Cell spreading area measurements were taken from 30 different
cells [72].

Figure 5.16 WST-1 assay of the MC3T3-E1 osteoblast-like cells following culture for 1, 3, and 5
days as a function of samples processing conditions.

denotes that the laser processed group is

significantly higher than the control Ti-6Al-4V (p < 0.05) [72].
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Chapter 6
Promising New Developments
6.1 Pulse Nd:YAG laser textured SiO2-HA composite coating
In the last decade, researchers have intensely devoted towards synthesizing doped Ca-P coatings
to improve the ostegenesis, bioreasorption rate, strength and phase composition of the resulting
bioceramics. In particular Si has been found to be essential for normal bone and cartilage growth
and development. It was found that synthetic Ca-P based materials with trace level of Si
substitution in their structures demonstrate markedly increased biological performance in
comparison to stoichiometric counterparts [118]. Furthermore, Si is also present at a trace level
of 100 ppm in the bone and 200-600 ppm in cartilage and other connective tissue [119]. Owing
to the above beneficial effects associated with Si, a Si doped Ca-P based textured bioceramic
coating on Ti-6Al-4V substrate was targeted in the current work. Here, 100 wt.% hydroxyapatite
(HA) precursor and 25 wt.%SiO2-HA precursors were used to prepare bioactive coatings on Ti6Al-4V substrates by a pulsed laser induced direct melting technique. The effects of SiO2 on
phase constituents, wettability, in vitro bioactivity and in vitro biocompatibility was studied in
the preliminary efforts. Furthermore, on the basis of these results, the effects and roles of SiO2
substitution in HA were systematically discussed.

6.1.1 Phase evolution
XRD studies were carried out on Ti-6Al-4V, 25 wt.% SiO2-HA and 100 wt.% HA coated
samples (Figure 6.1) [119]. From Figure 6.1[119] it can be observed that, compared to bare Ti6Al-4V, some new phases, specifically CaTiO3, Ca3(PO4)2, Ca2SiO4, and TiO2, were formed
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during laser processing of 25 wt.% SiO2-HA and 100 wt.% HA precursors. Main phases on the
25 wt.% SiO2-HA precursor sample include CaTiO3, Ca3(PO4)2, Ca2SiO4, and minor phase TiO2,
but for 100 wt.% HA precursor samples, TiO2 is the main phase together with some CaTiO 3 and
minor Ca3(PO4)2. However, no HA was detected in any sample laser processed using a set of
parameters employed in the present work. Due to the higher laser fluence employed in the
present work (103 J/cm2) interactions between Ti-6Al-4V substrate and HA or SiO2-HA
precursor material was expected to take place. The possible reactions between HA and Ti-6Al4V due to melting by the laser beam can be characterized as follows [68]:
Ti + O2 → TiO2 (G= - 864.09kJ/mol)................................................................................C6.1
HA + TiO2 → CaTiO3 + 3TCP +H2O (G= - 7312.39kJ/mol)..............................................C6.2
TCP+ TiO2 → CaTiO3 + α-Ca2P2O7 (G= - 41.51kJ/mol)...................................................C6.3
α-Ca2P2O7 + Ti → CaTiO3 + CaO +P2O3 (g) (G= - 1247.46kJ/mol) ………………………C6.4

Further, the possible reaction between HA-SiO2 precursor and Ti-6Al-4V substrate material can
be given as:
2CaO + SiO2 → Ca2SiO4 (G= -122.17 kJ/mol)...........................................................................C6.5

All the above reactions clearly suggest that the chemical compositions of the laser textured
coating depend on the precursor compositions and the reactions among them. Same phases such
as TiO2, CaTiO3, Ca3(PO4)2 (TCP) were detected both in laser cladded 100 wt.% HA and 25
wt.% SiO2-HA coatings based on the above C6.1-C6.4 reactions. Due to the absence of SiO2 in
100 wt. % HA precursor, reaction (C6.5) will not occur, and instead it led to the retention of CaO
in laser cladded 100 wt.% HA coating. On the contrary, in laser cladded 25 wt.% SiO 2-HA
coating, reaction (5) occurred, and led to the formation of additional phase of Ca2SiO4.
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6.1.2 Wettability and in vitro bioactivity
Contact angle measurements obtained from SBF liquid provided an understanding of the effect
of SiO2 addition on the wetting behavior. Table 6.1 [120] represents the contact angle
measurements and corresponding light optical images of the liquid droplet shadow on 100 wt.%
HA samples, 25 wt.% SiO2-HA samples, and the control (untreated Ti-6Al-4V). The results
(Table 6.1) [120] demonstrated improved wettability and thereby higher surface energy for the
laser processed samples (100 wt.% HA and 25 wt.% SiO 2-HA samples) compared to the control
(untreated Ti-6Al-4V). Furthermore, compared to 100 wt.% HA samples, 25 wt.% SiO 2-HA
samples indicated a more hydrophilic behavior (better improved wettability). Thus, the

Figure 6.1 XRD patterns of Ti-6Al-4V, 25 wt.% SiO2-HA and 100 wt.% HA coated sample
[119].
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Table 6.1 Contact angle with SBF, and surface energy of the samples [120].
Precursor

25 wt. % SiO2-HA

100 wt. % HA

Laser
scan speed
cm/min

SBF contact
angle
26.4±1.3

Surface energy
(mJ/m2)
55.940.87

75
32.8±1.9

48.010.92

75
55.7±1.6

Ti-6Al-4V control

34.190.05

addition of SiO2 not only influenced the phase constituents, but also contributed to increase in
the surface energy and thereby the hydrophilic behavior of the coatings.
The wettability of the coatings was finally correlated to its mineralization or in vitro
bioactivity by immersing the samples in SBF and analyzing for the precipitation of an apatite
like phase. The mineralized layer or the precipitate on the 100 wt.% HA sample and 25 wt.%
SiO2-HA sample after 7 day immersion in SBF is shown in Figure 6.2 [120]. The presence of a
cuboidal like apatite crystallites can be clearly seen on the surfaces of 100 wt.% HA and 25 wt.%
SiO2-HA samples (Figure 6.2a and Figure 6.2b respectively). The EDS spectrum from a selected
region indicates the presence of various elemental species such as Ca, P, Na, Cl, Al, O, Ti and V
in the precipitated layer. The EDS spectra from the mineralized surface of 100 wt% HA
demonstrated for a small amount of Ca and P with a Ca/P atomic ratio of 0.62. In contrast, the
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selected region EDS spectrum of the mineralized layer on 25 wt% SiO2-HA demonstrated strong
presence of Ca and P with a Ca/P atomic ratio of 1.68 which is close to the stoichiometric HA
(1.67). This improved mineralization of the 25 wt% SiO2-HA coated samples was attributed to
the presence of SiO2 addition, which in turn improved the hydrophilicity and the in vitro
bioactivity of the coatings.

6.1.3 In vitro biocompatibility
Live/dead staining results (Figure 6.3a - 6.3c) [119] indicated that cells attached well on the
substrates after 4 hours of incubation with very few dead/disrupted cells. This suggested good
initial adhesion and high viability of cells exposed to modified surfaces. Quantitatively, the total
number of cells attached after 4 hours on the 25 wt.% SiO 2-HA and 100 wt.% HA coated
samples were significantly higher than the Ti-6Al-4V control (Figure 6.3d). Cell morphology
after 1 day and 7 days of proliferation was assessed by SEM, with resulting images shown in
Figure 6.4 [119]. From Figure 6.4c and 6.4e, it can be seen that the normal individual MC3T3E1 osteoblasts on laser cladded sample (25 wt. % SiO 2-HA and 100 wt. % HA) surfaces mostly
had a triangular form, with an average size of around 20 μm in width and 60-80 μm in length.
This exhibits that good adhesion was obtained by laser cladding 25 wt. % SiO2-HA and 100 wt.
% HA precursor on Ti-6Al-4V substrate. Their good adhesion can be characterized by the
presence of lamellipodia, i.e. large front projections, which strongly adhere to the substrate and
draw the cellular body by cytoplasmic contraction. It is also found that several multiple
microvilli exists on the surface, and fine cytoplasmic extensions in multiple directions were
formed. Those cultured on 25 wt. % SiO2-HA and 100 wt. % HA samples also revealed greater
spreading with large lamellipodia, indicating active cell migration. On untreated Ti-6Al-4V
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Figure 6.2 SEM morphological analysis and corresponding EDS results on (a) 100 wt.% HA
sample, and (b) 25 wt.% SiO2-HA sample after 7 days immersion in SBF [120].
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sample, however, the osteoblasts showed a polygonal form (Figure 6.4a). The cell surface
features were less-developed on untreated Ti-6Al-4V than those on 25 wt. % SiO2-HA and 100
wt. % HA. In addition, the numbers of filopodia and cytoplasmic extensions were also less on
cells grown on bare Ti-6Al-4V alloy.
Figure 6.4b, 6.4d and 6.4f illustrate the cell morphology after 7 days of proliferation. It is
clear that after proliferation for 7 days, the cells distributed evenly and compactly on the sample
surfaces. The higher magnification inset indicated excellent cell spreading and cell-cell
interaction after 7 days of proliferation. The improved osteoblast cell attachment and cell
morphology on the samples processed with 25 wt.% SiO 2-HA precursor can be attributed to the
improved hydrophilicity as a result of SiO2 doping into the HA phase.
Here in this preliminary work, the role of SiO2 doping in improving the wettability, and
thereby its in vitro bioactivity and in vitro biocompatibility of the HA coatings has been clearly
demonstrated. However, further investigation to understand the exact mechanism by which SiO 2
doping is improving the hydrophilicity of the coatings still needs to be explored.

159

100 µm

100 µm

100 µm

Figure 6.3 Live/dead staining of MC3T3-E1 cells after 4 h of incubation on (a) Ti-6Al-4V, (b) 25
wt.% SiO2-HA coating, (c) 100 wt.% HA coating; and (d) cell numbers attached to Ti control, 25
wt. % SiO2-HA coating, and 100 wt. % HA coating within observation areas after 4 h seeding;
results are expressed as percentages of cells attached on Ti control (n=3). * denotes that the cell
number on untreated Ti-6Al-4V is significantly lower than laser cladded Ti (p < 0.05) [119].
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10 µm

100 µm

100 µm

10 µm

100 µm

100 µm

10 µm

100 µm

100 µm

Figure 6.4 SEM images for cell morphology after 1 and 7 days of proliferation on Ti-6Al-4V (a
and b), 25 wt. % SiO2-HA coating (c and d), and 100 wt. % HA coating (e and f) [119].
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6.2 Laser interference patterning on Ti-6Al-4V
Most of the above discussed experiments until now are associated with multiple step process
such as precursor spraying, drying and laser melting to achieve a textured coating. Also the
length scale of the features (surface textures) obtained using this technique are at the micron and
submicron scale. To upgrade the current technique a single step process know as laser
interference patterning is explored to synthesize nano scale features. In this preliminary work,
laser interference patterned surface textures were obtained on Ti-6Al-4V samples and their
influence on wettability was studied.

6.2.1 Surface morphology of the samples
Using the laser-based optical interference patterning technique, textured surfaces with grooveand pillar-like features were obtained on the flat Ti-6Al-4V sample by varying the laser power.
The 2-dimensional and 3-dimensional morphological evolution of the groove like features
generated using a one-step irradiation under a laser fluence of 760.35 mJ/cm2 are presented in
Figure 6.5a [80] and Figure 6.5b [80], respectively.

From the Figure 6.5a (2-dimensional

morphological evolution) and Figure 6.5b (3-dimensional morphological evolution) it can be
observed that the spacing or the periodicity, w (equivalent to the width of the depression or width
of the melt pool) of the pattern is approximately 2.5 µm. Further, the ratio of total scanned
distance (across the grooves in x-direction) to the number of grooves within the scanned length
(Figure 6.5c) also clearly proved the width w to be approximately 2.5 µm. As discussed earlier,
since the angle, β between the beams (Figure 3.6) is kept constant in this process throughout the
experiment, there was no change in the periodicity or width, w of the patterns. On the contrary,
with varying laser fluence only the feature size, h in the z-direction is varied and an increase in
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feature size is realized with increasing laser fluence (Table 6.2) [80]. This is attributed to the fact
that with increase in laser fluence there is an increase in volume of the molten pool and thereby
an increased temperature gradient across the vertical direction probably resulting in greater
Marangoni forces. The Marangoni forces may have resulted in extensive surface tension
gradients across the border, expelling substantial amount of the liquid melt from the pool and
thereby resulting in a groove with increased depth at higher laser power.
In order to generate pillar like features, the sample once irradiated was rotated 90° and
irradiated again with 5 pulses. Hence, it was a two step process, with the effective number of
pulses being doubled compared to the groove like features. The 2-dimensional and 3dimensional morphological evolution of the pillar like features obtained under a laser fluence of
760.35 J/cm2 are presented in Figure 6.6a [80] and Figure 6.6b [80], respectively. From a line
scan across the sample (Figure 6.6c) [80] it was observed that the width, d at full-width-halfmaxima (FWHM) and the periodicity, w of the pillar were approximately 1.04 µm and 2.5 µm
respectively. Again, the periodicity is dependent upon the angle, β between the beams (Figure
3.6). Therefore, in the pillar patterns also the only physical feature that was varied with varying
laser fluence was the height, h of the pillar. It was observed that there is an increase in pillar
height, h with increasing laser fluence (Table 6.2) [80] as per earlier discussion.

163

Figure 6.5 Groove pattern on Ti-6Al-4V obtained by LIP technique using a laser fluence of
760.35 J/cm2.(a) 2-dimensional morphological evolution, (b) 3-dimensional morphological
evolution, and (c) variation in height and width (across the line scan) of the features obtained
using a one step irradiation [80].
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Table 6.2 Process power and corresponding height of the groove/pillar pattern and contact angle
related to interference-patterned samples [80].
Sample

Laser fluence Height, h
(mJ/ cm2)
(nm)

Groove pattern 760.35
on Ti-6Al-4V
525.47
362.26
Pillar pattern
760.35
on Ti-6Al-4V
525.47
362.26
Ti-6Al-4V
Control

208.08±0.08
71.35±0.02
68.08±0.02
77.65±1.07
44.14±1.04
36.68±1.03

-

Apparent contact angle, θ*
(°)
Distilled water SBF
78.55±0.45
67.4±0.60
73.45±0.55
64.2±0.80
70.7±0.30
60.2±0.80
78.45±0.55
66.8±0.20
77.45±0.55
66.6±0.40
77.9±0.10
67.1±0.90
Chemical angle θ (°)
Distilled water

SBF

67.98±0.02

59.2±0.80
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6.2.2 Wetting behavior of the samples
Contact angle measurements on both the groove and pillar patterns were conducted using
distilled water and SBF. Selected images of the droplet shadow on the goniometer are presented
in Figure 6.7 [80]. It can be observed that the distilled water droplet (Figure 6.7a, 6.7b, and 6.7c
corresponding to flat, grove patterned, and pillar patterned Ti-6Al-4V, respectively) subtended a
higher contact angle compared to the SBF droplet (Figure 6.7d , 6.7e, and 6.7f corresponding to
flat, grove patterned, and pillar patterned Ti-6Al-4V respectively). The chemical angle or the
Young angle, θ on the flat Ti-6Al-4V averaged around 67.98° for distilled water and 59.2° for
SBF (Table 6.2) [80]. Further, it was observed that there was a decrease in the apparent contact
angle (contact angle affected by both the surface chemistry and surface topography), θ* (using
SBF and distilled water) with decreasing laser power for the groove like pattern, however, no
such distinct trend was observed for the pillar pattern. This disparity is mostly due to their
geometrical structure (groove and pillar feature) and can be justified based on the Cassie and
Baxter model. According to the Cassie and Baxter model, the apparent contact angle, θ* on a
surface with chemical patch work or rough features entrapped with air is given as [121].
Cos θ* = f1 cos θ1 + f2 cos θ2 .....................................................................................................6.1

Here f1 and f2 represents the surface area fraction of the liquid in contact with the solid and air
respectively and θ1 and θ2 represents their corresponding contact angles. Hence, according to
their model, when a liquid drop is placed on a composite surface with solid and air patches in it,
the liquid does not follow the surface contours and sits upon the composite surface as it is pushed
by the air. As the grooves in the groove pattern are bridged by certain amount of material, air
entrapment within them is more feasible. Also with increasing laser fluence there is an increase
166

Figure 6.6 Pillar pattern on Ti-6Al-4V by laser interference technique (3.82 W laser power)(a) 2dimensional morphological evolution (b) 3-dimensional morphological evolution and (c)
variation in height and width at FWHM (across the line scan) of the features obtained using a
two step irradiation [80].
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in the height, h of the groove (width, w of the groove is constant) and thereby an increased
volume of trapped air pockets resulted in an increase in apparent contact angle, θ*. In contrast,
for the pillar pattern, there is an open volume within the pillars and hence air entrapment may not
be possible. Further, as there is not much variation in the height, h of the pillar (width, d and
periodicity, w of the pillars being constant) with increasing laser power, their roughness factor Rf
= 1+ 2

h
(ratio of the solid area to its projected area as explained later) did not vary much and
d

hence, a noticeable change in the apparent contact angle could not be expected.
Also from the droplet shadow images (Figure 6.7) [80] and from Table 6.2 [80] it can be
realized that there is an increase in apparent contact angle, θ* for the interference patterned
samples compared to the chemical angle (contact angle subtended on a non textured polished
sample and is only a function of the surface chemistry) on the flat sample. Therefore, the
presence of groove and pillar features generated using laser interference technique with the
present set of processing parameters (Table 6.2) resulted in tuning the surface towards a less
hydrophilic behavior. This reduced wettability on the patterned samples can further be explained
with the thermodynamic models as discussed below.
Here for the ease of calculations, based on energy balance equations, the grooves are
approximated to be of triangular type (Figure 6.8a) [80] and pillars to be of cylindrical type
(Figure 6.8b) [80]. Applying an energy minimum condition it can be hypothesized that liquid
progression into a groove like pattern is favorable if the apparent contact angle θ* or chemical
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Figure 6.7 Light optical images of the distilled water droplet shadow on (a) flat Ti-6Al-4V,
(b) groove patterned Ti-6Al-4V, and (c) pillar patterned Ti-6Al-4V; and light optical images of
the SBF droplet shadow on (d) flat Ti-6Al-4V, (e) grove patterned Ti-6Al-4V, and (f) pillar
patterned Ti-6Al-4V [80].
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angle θ is smaller than the critical angle θc for wetting, where θc is given as [122]:
cos  c 

w
2

w
2(h 
)
4
2

1
2

=

1
4h 2
1 2
w

……………………………………………………………..6.2

Therefore, for groove texture the critical angle for wetting depends on the roughness factor Rf
= 1

4h 2
(ratio of the actual surface area to apparent surface area).
w2

In contrast, a surface with an assembly of pillar-like patterns (Figure 6.8b) is characterized by Φs
(solid fraction remaining dry) and roughness factor Rf = 1  2

h
(ratio of the actual solid area to
d

its projected area). The critical angle θc for wetting on such a surface is given as [122]:
cosθc =

1  S
…………………………………………………………………………………6.3
R f  S

The roughness factor Rf was calculated for both groove and pillar patterns from the geometrical
parameters (w, h, and d) of the features obtained using laser based interference technique, and
plotted as a function of laser fluence (Figure 6.9a) [80] . It can be observed (Figure 6.9a) that
there is a slight increase in Rf with increasing laser fluence for both the groove and pillar
patterns, and Rf is higher for the pillar patterns compared to the groove pattern. This increased
value of roughness factor (Rf >1) for the pillar pattern is attributed to reduced width, d of the
features as a result of the two step processing involved in this technique. Further, the critical
wetting angle (θc) based on the above equations (6.2 and 6.3) was calculated for both the groove
and pillar patterns and plotted as a function of laser fluence (Figure 6.9b) [80]. The critical
wetting angle (θc) increased with increasing laser fluence for both the patterns and the values of
critical wetting angle (ranging from 3° to 48°) are smaller compared to the chemical or the
Young angles (θ, measured on the flat Ti-6Al-4V samples) using both distilled water and SBF.
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As a result the condition for wetting (θ* or θ < θc) is not satisfied in both the cases (pillar and
groove) and hence, the liquid dewets on both the patterns due to an increase in apparent contact
angle (θ*). Owing to the above reasons the samples were not further tested for its in vitro
bioactivity and in vitro biocompatibility. However, there are an ongoing efforts to identify
appropriate combinations of laser interference processing parameters to obtain surface textures at
appropriate length scales and thereby improve its wettability.
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Figure 6.8 Schematic illustration of liquid invasion into a (a) groove pattern and (b) pillar
pattern [80].
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Figure 6.9 (a) variation in roughness factor,Rf and (b) critical wetting angle, θc with laser fluence
for interference patterned samples [80].
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Chapter 7
Conclusions and Scope for Further Work
7.1 Conclusions
 Laser textured Ca-P coatings demonstrated improved wettability to physiological fluids.
 With a decrease in texture parameter (σA/λ) there is an increase in surface energy and
improved wettability for the laser textured Ca-P coatings.
 XRD studies of the laser textured samples showed the presence of presence of beneficial
biocompatible phases such as CaTiO3, TiO2, α-TCP and Ca5(OH)(PO4)3 within the
coatings.
 Improved bioactivity of the textured coatings was proved by the formation of an apatite
like phase following immersion in SBF.
 XPS and FTIR analysis of the mineralized samples confirmed for the presence of HA on
the surface of the sample.
 Improved in vitro biocompatibility on the textured coated samples was characterized by
the increased proliferation and spreading of the mouse MC3T3-E1 osteoblast-like cells.
 In a preliminary effort, the role of SiO2 doping in improving the wettability, and thereby
it’s in vitro bioactivity and in vitro biocompatibility of the HA coatings was
demonstrated.
 To upgrade the above laser based melting technique, a newer technique based on a single
step process known as LIP is also introduced.
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 The groove and pillar patterns obtained using the LIP technique resulted in an increase in
apparent contact angle.
 The nano scale features (grooves and pillars) obtained using the LIP technique created
pinning effects on the liquid drop and thereby resulted in the decrease in critical wetting
angle.
 Hence a concomitant change in surface morphology along with appropriate topographical
cues is necessary to improve the wettability and thereby the in vitro bioactivity and in
vitro biocompatibility.
 For pulsed laser processing, with increasing laser scan speed and laser pulse frequency
there is always an improvement in biomineralization and not much difference in weight
change following immersion in SBF is observed by varying these two processing
parameters.
 As compared to the pulsed laser direct melting technique, the retainment of precursor HA
within the coating was much viable under CW laser direct melting process.
 Under the set of laser processing parameter employed in the current work the
improvement in wettability was better for the samples processed using the direct melting
technique as compared to the LIP technique.

7.2 Scope for further work
 Long term cell culture studies to study the cell viability and cell differentiation.
 Culture of mesenchymal stem cells on the textured coated samples and quantify its
differentiation to form bone cells (osteoblasts).
 Revise the interference patterning technique to provide surfaces with better wettability.
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 Study the mineralization kinetics or in vitro bioactivity of the interference patterned
samples.
 Understand the MC3T3-E1 osteoblast-like cell interaction mechanism on the groove and
pillar like patterns.
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